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A Multi-faceted Approach to Cardiac Repair 

Abstract 

Treatment of heart failure has largely been approached with either a mechanical or biological 

strategy, but in the past few years, the idea of combining mechanical support and cellular therapy 

synergistically has emerged as a realistic alternative to heart transplantation. The overarching 

hypothesis of my work is that both therapeutic approaches can be combined to provide acute 

assistance, longer term regeneration and reverse remodeling. A vision for this polytherapy is a 

ventricular assist device that allows therapy to be delivered via an integrated biomaterial liner and 

enables percutaneous replenishment through inbuilt device conduits. I first develop the building 

blocks towards this type of therapy.  Traditional mechanical assist devices are largely blood-

contacting, thereby increasing risk of stroke while biological therapies show promise but have 

been limited by the poor retention and engraftment of cells in cardiac tissue. I develop an active 

material that can simulate the motion of the heart using soft robotics techniques. I then use this 

technology to develop a biomimetic direct cardiac compression (DCC) device that is surgically 

implanted around the heart. The device is synchronized with the native heartbeat through the use 

of physiological monitoring and has the ability to assist the heart along its natural force vectors I 

show that this can improve cardiac output in an in vitro and in vivo model. Next, I compare a 

panel of biomaterials as cell carriers in an infarcted heart, and demonstrate that they can improve 

cell retention compared to a saline control. I then develop an implantable system that allows non-

invasive, repeated replenishment of cells to an implanted biomaterial on the heart. Finally, 

building on these advancements, I develop a combined mechanical and biological device that 

assists the heart while providing a network of refillable reservoirs of therapy at the device/heart 

interface and show proof-of-concept of this polytherapy in vivo.   
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1 Introduction 

As my thesis describes multiple strategies for heart (cardiac) repair, here I give a brief 

introduction to the anatomy and physiology of the heart. Then I speak about pathology of the 

heart, in particular myocardial infarction, and the subsequent remodeling and progression to 

ischemic heart failure.  Next, I give an overview of current available treatments.  

I then describe an overview of my overarching hypothesis, specific aims, and the outline for my 

thesis. I don’t give a more detailed background or introduction to the work in this section, as a 

comprehensive review of the current state of the art is provided in Chapter Two for mechanical 

strategies for cardiac repair and in Chapter Five for biological strategies for cardiac repair. 

Additionally, each of the chapters describing my work (3,4,6,7,and 8) has a detailed introduction 

relevant to the specific aim discussed therein. 

1.1 The anatomy and physiology of the heart 

The heart and circulatory system provide blood to all of the tissues and organs in the body. The 

heart is a muscular pump that acts to push the blood around the body bringing oxygen and 

nutrients to the cells through a complex network of arteries, arterioles and capillaries, removing 

carbon dioxide and waste products from the cells and returning to the heart through veins and 

venules. The heart weighs between 200-425g, and beats incessantly 10,000 times a day or over 3 

billion times in the average lifetime. An average healthy heart beats 72 times per minute,  

pumping a stroke volume of about 70ml of blood from each ventricle during each cycle. The 

cardiac output is the product of the stroke volume and the heart rate or about 5L/min for a 70kg 

adult. The heart is situated between the lungs in the chest behind, and slightly to the left of the 

sternum. A double-layered sac called the pericardium surrounds the heart.  The outermost layer is 

a fibrous layer made up of fibers and loose connective tissues, and attached to the diaphragm, 

spinal column and other body parts. It is firmly attached to a serous layer, the parietal 
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pericardium.  The inner layer, the visceral pericardium is attached to the heart muscle [the 

epicardium or outer surface of the myocardium (heart muscle)]. A lubricating fluid in between the 

two serous layers enables frictionless movement of the heart.  

 

Figure 1-1: A) The anatomy of the heart showing the main chambers, valves, vessels and heart muscles. B) The 

physiology of the heart in terms of blood flow. Deoxygenated blood is shown in blue, and oxygenated blood is 

shown in red.  Adapted from Pearson Education Inc. 

The muscle of the heart is they myocardium. There are four chambers in the heart – the upper 

chambers are the left and right atria, and the lower chambers are the left and right ventricles. The 

atrio-ventricular valves (tricuspid and mitral) separate the upper and lower chambers from each 

other. The septum is the muscular wall between the left and right side of the heart. Finally the 

semi-lunar valves (aortic and pulmonary) separate the left and right ventricle from the aorta and 

pulmonary arteries respectively (Figure 1-1a).  The right atrium receives deoxygenated blood 

from the body through the vena cava, the blood goes to the left ventricle and is pumped to the 

lungs via the pulmonary arteries. From the lungs oxygenated blood returns to the left atrium via 

the pulmonary veins, travels into the left ventricle and from here is pumped to the body through 

the aorta (Fig 1-1b). The myocardium contracts in response to electrical impulses beginning in 

the sino-atrial (SA) node at the top of the right ventricle, that travel through conduction bundles 
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called purkinje fibers to the rest of the heart muscle. Exercise, stress and hormonal factors can 

affect the heart rate. 

1.2 Pathology of the heart; specifically myocardial infarct and ischemic heart failure 

There is a wide range of pathology associated with the heart, and it is broadly categorized into 

four areas in Figure 1-2 below; vessel disease is generally caused by vessel blockages or 

restrictions due to fatty (atherosclerotic) plaque build-up, rhythm disorders occur when the 

electrical conduction system malfunctions, structural defects include diseased valves and defects 

in the septum of the heart and cardiomyopathies refer to diseases of the heart muscle. Most of the 

pathologies are outside the scope of this work, and here I will discuss acute myocardial infarction 

and ischemic cardiomyopathy leading to advanced stage heart failure. Patients with these 

pathologies will be the target population of the therapeutic strategies I propose in the subsequent 

chapters. 

 

Figure 1-2: Broad categories of cardiovascular pathology; vessel disease, rhythm disorders, structural defects 

and cardiomyopathies. 

Acute myocardial infarction occurs upon occlusion of one of the coronary vessels, most 

commonly due to atherosclerotic plaque, resulting in an ischemic region of myocardium which, 
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even if reperfused, can produce lasting tissue damage with associated symptoms. Initially, MI 

produces an inflammatory response and extensive ischemic death of cardiomyocytes within the 

affected area, resulting in a partial loss of ventricular function. Over time, especially if the 

affected area is expansive and transmural, complex alterations occur in the myocardium, a 

phenomenon known as ventricular remodeling 1. These adaptations are an attempt compensate for 

ventricular malfunction. However, the heart possesses only a limited regenerative capacity. 

Remodeling encompasses the creation of collagenous, non-contractile scar tissue, thinning of the 

myocardial wall and progressive enlargement and dilation of the ventricle. This ultimately 

contributes to a decrease in ventricular contractile function and output. This can progress to 

congestive heart failure (CHF), where the heart is unable to pump enough blood to meet the 

metabolic demands of the body 2–4. 5.1 million Americans live with heart failure (HF)5. Half of 

those diagnosed die within 5 years of diagnosis 5. Heart failure costs the nation an estimated $32 

billion each year6. The condition is considered advanced when conventional heart therapies and 

symptom management strategies no longer work.  

1.3 Existing treatments 

Currently, the preferred method for treatment is heart transplantation; however, the growing 

demand exceeds the supply. To address this challenge, a number of medical devices have been 

designed to assist/replace failing hearts and more recently there has been a lot of activity in 

restoring the damaged cardiac tissue with cell therapy. However, to date mechanical and 

biological strategies have been largely pursued independently. Mechanical devices address the 

short-term need for assistance without trying to recover or regenerate the heart, and have their 

own limitations such as coagulation and infection issues. Tissue engineering and cell delivery 

techniques have suffered from poor cell retention in the heart, have not always addressed the 

helical, anisotropic structure of the heart and its mechanics. These strategies can ignore the need 

to unload the heart so that it can heal and regenerate effectively.  In the current work I develop 
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technologies and implantable devices for non-blood-contacting mechanical assistance and cell 

delivery with improved retention, and finally take preliminary steps towards combining these 

technologies.  

1.4 Overarching hypothesis, specific aims and thesis outline. 

The overarching hypothesis of my research is that both mechanical and biological strategies to the 

heart can benefit from innovation in enhanced materials, fabrication methods, and implantable 

devices and that both mechanical and biological strategy can be combined into a polytherapy for 

greater effect.  

My specific aims are as follows;  

(i) To develop a bio-inspired soft robotic material that mimics the motion of the heart. 

(ii) To provide mechanical ventricular assistance to the heart from a programmable soft 

robotic ventricular assist device that encapsulates a failing heart. 

(iii) To improve cell delivery to the heart with a biomaterial 

(iv) To develop a biomaterial-based implantable device that that allows multiple 

minimally invasive replenishments with cells or bioagents and  

(v) To investigate preliminary feasibility of a combination mechanical/biological 

therapeutic strategy.   

The thesis is divided into three sections dealing with mechanical, biological and combined 

strategies for cardiac repair respectively.   
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Figure 1-3 Summary of thesis. This first chapter is an introduction. Section I contains Chapters Two, Three and 

Four will discuss mechanical assistance to the heart in the following order; the current state of the art, 

development of a new material technology, and the application of the technology to implantable cardiac assist 

device. In Section II Chapters Five, Six and Seven will follow the same pattern for biological and cellular 

therapy; the current state of the art, development of a model to test a panel of materials to improve cell 

retention, and the application of this to an implantable, refillable therapeutic system.  Finally, in Section III, 

Chapter Eight describes combination mechanical and biological therapy, and chapter Nine offers a Discussion 

and Conclusion.  

As outlined in Figure 1-3, the first section (Chapters Two to Four) focuses on mechanical 

strategies for repair. Chapter Two of the thesis discusses the current state of the art in mechanical 

cardiac repair. Chapter Three will focus on the first aim. Here, I discuss my work on the 

development of fabrication methods and modeling techniques to develop a soft robotic material 

that can replicate the twist of the left ventricle. Chapter Four describes how I achieved the second 

aim and the application of the techniques described in Chapter Three to an implantable cardiac 

assist device. I demonstrate its ability to increase cardiac output in an in vitro, ex vivo and in vivo 

model. I propose a biologically inspired design of the device where individual actuators are 

oriented in a helical, and circumferential fashion similar to epicardial and myocardial fibers of the 

heart respectively, thus replicating cardiac motion while providing mechanical assistance. The 

second section of the thesis (Chapters Five to Seven) focuses on biological strategies for repair. 

Chapter Five discusses the current state of the art in cardiac cell therapy and how the use of 

biomaterials and delivery devices can improve the delivery of cells to the heart. In Chapter Six I  
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focus the third aim where I describe a study comparing a panel of biomaterials as cell carriers in 

an in vivo model to assess the hypothesis that they can improve cell retention in the heart. Chapter 

Seven builds on this study, and the fourth aim to develop an implantable system that allows 

improved retention of cells using a biomaterial reservoir that can be replenished with therapy in a 

minimally invasive manner. I describe an in vivo study where I show that I can successfully 

increase the dose of cells through an implanted subcutaneous port and internal conduit. In vivo 

feasibility of this system is also described. Finally, in the third section, Chapter Eight will 

discusses the work and speculates future advancements in each field. Limitations of my results 

will are also be outlined. In Chapter Nine, I will discuss my current and future work involving the 

combination of mechanical and biological therapy. A vision for this polytherapy is a ventricular 

assist device that allows therapy to be delivered via an integrated biomaterial liner and enables 

percutaneous replenishment through inbuilt device conduits. This combined mechanobiological 

approach offers the potential to provide both acute assistance by augmenting cardiac output and 

longer term benefit by unloading of tissue to reverse remodeling, in addition to improving 

retention of biological therapeutics to promote endogenous repair. Finally, Chapter Ten concludes 

the entire thesis.   

Appendices One to Three provide additional information on fabrication techniques, optimization 

of design components, additional test results and more detailed in vivo model protocols. 

Appendix Four describes an additional minimally invasive device that I developed for the closure 

of tissue defects (intra-cardiac or more general) with a light-activated adhesive and elastomeric 

patch.  
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2 A review of mechanical devices to assist the heart 

2.1 Preface 

In this chapter I review the current available devices to assist the heart and then put my work in 

the context of this prior art.  

2.2 Mechanical pump-based ventricular assist devices 

Ventricular Assist Devices (VADs) are mechanical pumps that augment the cardiac output. They 

can provide pulsatile or continuous flow, and can be implanted internally or externally and 

consist of blood-contacting pumps to take blood out of and back into circulation. Development of 

artificial intra-thoracic circulatory pumps began in the 1960’s 7 , and in 1969 an artificial heart 

kept a patient alive for 64 hours until heart transplant 8.  In 2010, there were almost 1500 VADs 

implanted, and there is a trend towards using VADs as a destination therapy9 where a patient has 

the VAD implanted for the rest of their lives, instead of as a bridge-to-transplant. Examples of 

VADs, engineering details and their approved use are given in the tables below. Table 2.1 details 

VADs with external pumps that are used for short-term use, and Table 2.2 details VADs with 

implantable pumps that are used for long-term use. 

Table 2-1: VADs with external pumps 

Device Name (Company) Details Approved Use 

TandemHeart 

(CardiacAssist, Inc.) 

Placed percutaneously, and 

draws blood out of the left 

atrium, through an 

extracorporeal pump, and 

returns it to one or both 

femoral arteries. 

Short term use (<6 hours) 

for circulatory support 

Impella Recover (Impella 

Cardiosystem AG) 

A catheter based system that 

sucks blood from the left 

ventricle at up to 5L/min 

and delivers it into the aorta. 

Postcardiotomy heart failure 

refractory to high-dose 

inotropic and intra-aortic 

balloon pump (IABP) 

support 10 

AbioMed BVS 5000 

(AbioMed) 

Post cardiac surgery whist 

awaiting recovery of cardiac 

function. 

Short term use (7-10 days)  
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Table 2-2: VADs with fully implanted pumps 

Device name (Company) Details Approved Use 

Thoratec® PVAD 

(Thoratec, Inc) 

LV, RV or biventricular 

assistance 

Bridge to transplant (BTT) and 

destination therapy (DT) 

HeartMate XVE VAD 

(Thoratec, Inc) 

1150g weight. Severe heart 

failure, expected to live less 

than 2 years 

DT 

Heartmate II (Thoratec, 

Inc) 

281g weight. Continuous axial 

flow. 

BTT and DT 

Heartmate III (Thoratec, 

Inc.) 

Continuous flow driven by a 

magnetically suspended axial 

flow rotor. Power 8.1W. Mimics 

the natural pulse rate of 30 

beats per minute. 

First in Man June 2014 

Novacor® VAD (World 

Heart Corporation) 

1000g weight. Pulsatile LV 

assistance for end-stage cardiac 

failure. 

BTT and DT 

 

Ventrassist (Ventracor Ltd) 298g weight. Continuous flow 

driven by a hydrodynamically 

suspended centrifugal rotor. 

Company went bankrupt 

during FDA approval trials. 

Company defunct. CE 

Approval. Intellectual 

property sold to Thoratec. 

Levacor (World Heart 

Corp) 

440g, centrifugal (magnetic 

levitation) flow. Nominal 

Operation at 6.5 L/Min @ 100 

mmHg and 2500 rpm 

BTT  

AbioCor (AbioMed) First fully implantable heart, 

blood flow up to 12L/min. 

Transcutaneous energy 

transfer (TET) comfortably 

transmits power across the 

skin, without piercing its 

surface. 

DT for biventricular heart 

failure 

Jarvik 2000 (Jarvik Heart)  90g. Continuous centrifugal 

flow. 

CE Mark certification for BTT 

and DT. No FDA approval yet.  

HVAD, (HeartWare 

International.)  

145g. Implanted above the 

diaphragm. Centrifugal 

magnetically levitated impeller 

pump. 

BTT 

DT trial underway 

DeBakey Micromed 

(Micromed Cardiovascular) 

now HeartAssist 5, (Reliant 

Heart) 

<100g, implants above 

diaphragm. Real-time 

monitoring with ultrasonic flow 

probe. 8L/min. Can be placed 

via thoracotomy. Passively 

suspended rotor. 

Teamed with Transonics, 

Kollmorgen and Dualis (April 

2015). 

CE Approval for BTT and D. 

Investigational Device 

Exemption trial started in 

March 2015 for FDA approval.  
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Figure 2-1: Generations of VADs (reproduced from ReliantHeart.com) 

 

2.3 Passive Cardiac Constraint Devices 

The concept of passive constraint of the heart arose out of old studies which investigated 

wrapping the heart in skeletal muscle (“lattisimus dorsi wrap”), with the idea of stimulating the 

muscle to contract in time with the heart, thereby augmenting cardiac contraction11 . Although 

this method of dynamic cardiomyoplasty did not augment cardiac function very well, there was a 

clinical benefit, potentially due to the fact that the wrap provided a passive limitation to the 

cardiac dilatation that accompanies end-stage heart failure. Thus, the development of passive 
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restraint devices became the subject of research, some of which are detailed in Figure 2. The 

Acorn CorCap Support Device (Acorn.) 12–16 showed promise for reverse remodeling and 

reducing wall stress in the failing heart. Abiomed have also patented a passive restraint girdle 

based on the technology of the HeartBooster, but without active assist 17. Other passive constraint 

devices, designed to limit ventricular wall tension include the Heartnet (Paracor Medical) 18–20 . 

This device can also be equipped with pacing or defibrillation capability 21.  Finally Ghanta et al 

have introduced an adjustable quantitative ventricular restraint device that allows the pressure 

within a fluid-filled sleeve to be adjusted through a subcutaneous port22,23. I have uses a similar 

subcutaneous port for delivery of therapeutics, but could also apply this idea of adjustable 

restraint, and will discuss the technology in Chapters Seven and Eight.  

 

Figure 2-2: Passive restraint devices 
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Two other similar innovations being tested, involve bars external to the left ventricle which 

indent it, and change the cross section of the left ventricle from one dilated circle, to an “8” 

shaped cross-section of two circle with smaller diameters, thus reducing ventricular wall stress. 

These devices are the Myocor Myosplint device and the CardioClasp device24,25. An active 

version of the CardioClasp has also been patented whereby energy from cardiac filling is stored 

during cardiac filling, then that energy is reapplied to the system during cardiac contraction 26. 

2.4 Direct Cardiac Compression Devices 

This section describes direct cardiac compression devices. My work in the subsequent chapters 

fits in the context of these devices, specifically those with fluidic chambers. A direct compression 

device (DCC) is a device that compresses the failing heart from its epicardial (outer) surface. 

DCC devices avoid blood contact, and therefore thromboembolic events and anticoagulant 

therapy that have been associated with mechanical ventricular assist devices (VADs). A DCC 

device is generally a sleeve, cuff or cup that is placed around the epicardial surface of the heart in 

the pericardial space and fixed using surgical sutures or by applying negative pressure to the 

epicardium to form a seal. DCC devices typically operate under the following concept – upon 

activation of the device ventricular walls are compressed, which helps to expel the blood from the 

ventricles. De-activation allows the ventricles to fill with blood.  

2.5 Direct cardiac compression devices using fluidic chambers 

The idea of direct cardiac compression started in the mid-1950s for cardiopulmonary resuscitation 

(CPR) with pneumatic inflation and evacuation of the pericardial space, but this method was 

found to compress the atria 27. In the mid-1960s Anstadt proposed the use of an extra-cardiac 

sleeve that compressed the heart to assist pumping action or mechanically massage the heart 28. 

The Anstadt cup has proved effective for mechanical massage of the heart to reverse cardiac 

arrest. The cup is elliptically shaped and covers both ventricles. By using a semi-rigid outer layer, 

and inflatable inner diaphragm it can deliver both diastolic decompression and epicardial 
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compression. However the device does not sync with the native heartbeat, and therefore has 

potential to injure the myocardium and disturb the rhythm of the heart. At the same time as 

Anstadt proposed the external massage, Kolobow and Bowman proposed a constricting rubber 

ventricle that recoiled with suction to provide biventricular assistance 

 

Figure 2-3: Ventricular assist devices using fluidic chambers. Note that all, with the exception of the Adjucor 

device don’t have multiple individual bladders, none assist with twisting, and most invert the normal curvature 

of the heart.  
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In 2000, Cardio Technologies Inc (Pine Brook, NJ) developed a cup-shaped cardiac assist device 

similar to the Anstadt cup called the CardioSupport System. The device is pneumatic and has an 

inner cuff which inflates to compress the heart. Like the Anstadt cup, the device is designed to be 

implanted quickly for short term support for acutely failing hearts. The device is also designed to 

be removed shortly after the failing heart recovers. Unlike the Anstadt cup, the device is 

customized to size of patient's heart and can be synchronized with the native heart using ECG 

leads implanted in the cup.  A computer console can be used to adjust the parameters of the 

cardiac assistance like and frequency of cuff inflation 29.  

The Heart Booster, created by AbioMed Inc (Danvers, MA) is another extra-cardiac compression 

device that compresses the heart by contracting to a smaller radius, not by expanding radially. 

The device is run at much higher pressure than delivered to heart, but as a result, pumps a greater 

volume of blood for each volume of fluid pumped into the device. The device was designed to 

operate with low volumes because the device was intended to be a fully implantable device. 

Unlike the previous devices, it was designed for long term support rather than acute interventions 

30.  Smooth outer surfaces and a proprietary polymer are used to prevent tissue ingrowth during 

the long term use. The device was designed for minimally invasive implantation (through a mini 

thoracotomy) and anchored to the pericardium attachment, but this attachment method is prone to 

creep in the long term. In an in vitro model, the device must be operated at about 100 kPa for 

physiological blood flow rates at a physiological afterload (6L/min) 30.  

Another recently developed DCC device is the HeartPatch (Heart Assist Technologies Pty Ltd; St 

Leonards, Australia), a device composed of two inflatable patches that are placed over the right 

and left ventricle to allow independent actuation of the ventricles. The device uses patches to 

provide “non-surround” cardiac assistance because DCC devices that completely surround the 

heart have been shown to impede ventricular filling and reduce cardiac output 31. 
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Table 2-3: Direct cardiac compression devices with fluidic chambers 

Device name 

(clinical 

application) 

Engineering Aspects Sources 

Anstadt Cup 
(Resuscitation and 
short term support – 
systolic and 
diastolic) 

Uses suction to grip heart. 
Not synchronized with heart because it is removed once heart 
returns to perfusing rhythm 
Risks traumatizing the heart if used long term (> ~5 days) 

32 

Heart Booster 
(congestive heart 
failure) 

Contracts primarily radially, not circumferentially 
On an in vitro model, it achieved 6.5L/min flow (with 
115mmHg afterload) when device is driven at 20psi.  
In vivo, it increased flow of a failing heart by 0.5L/min. 
Smooth outer surfaces and a proprietary polymer are used to 
prevent tissue ingrowth and engraftment. 

30  
  
33  
  

Copulsation 
Balloon for Right 
Ventricular 
Assistance 
(Right ventricular 
failure) 

5cm diameter pancake shaped silicone balloon, anchored to 
pericardium and pulsed pneumatically. 
Returned stroke volume to normal in 6 pigs 
Used aortic counterpulsation system (intra-aortic balloon pump) 
to synchronize based on detection of QRS complex. 

34 

Dynamic cardiac 
compression 
(heart failure) 

Supports diastole 
Uses suction to grip heart 
Device is very large because research at this stage is focused 
more on hemodynamic effects of device, not device design 

35  
  
  

CardioSupport 
(Temporary support 
for acutely failing 
hearts) 

Removed once failing heart recovers  
Is customized to size of patient's heart 
Synchronized unlike Anstadt cup 
  

33  
 
36  
  

Cardiac 
resynchronization 
compression sac 
system 
(Systolic assistance, 
diastolic 
containment for 
advanced heart 
failure) 

Rigid outer shell and two compliant balloons 
No adhesive method to hold sacs in place, just conformance to 
heart 
System does cardiac resynchronization therapy as well as direct 
cardiac compression.  
Two air sacs, one per ventricle, in the preferred embodiment  

37 

HeartPatch 
(heart failure) 

The two separate patches allow the right and left ventricle to be 
actuated.The patches stay in place long term by biointegration 
There is potential delamination of edges of patch during 
biointegration 

31,38,39 

Electrohydraulic 
system 

An inner flexible diaphragm in an outer plastic shell. Uses 
suction to assist diastole. Hydraulic actuation. 

40 
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A key feature of the HeartPatch device is that the ventricles are actuated independently, meaning 

different pressures can be delivered to each ventricle. This is especially important since the left 

ventricle requires more compression since it operates at a significantly higher pressure than the 

right ventricle. This difference in pressure is because the left ventricle supplies the entire body 

with blood, whereas the right ventricle only pumps blood through the lungs for oxygenation. The 

Heart Patch device can be delivered minimally invasively and is left in place for two weeks 

before initiating cardiac compression so that biointegration can occur to hold the patches in place. 

Since the device relies on biointegration, it cannot provide immediate cardiac assistance in an 

emergency setting like the Anstadt Cup or CardioSupport System. Instead, this device is intended 

for chronic use like the Heart Booster.  One shortcoming of the Heart Patch is that the action of 

the Heart Patch produces tensile peel stresses at its edges because as the center of the patch 

inflates and compresses the ventricle, the edges are pulled away from the ventricle. After repeated 

actuation, the peel stresses can cause delamination of the edges of the patch 41. Delamination 

would reduce the viability of the Heart Patch for chronic use. The Heart Patch device also creates 

unnatural deformation of the underlying ventricle because the device inverts the curvature of the 

ventricular wall. Heart valves are quite sensitive to distortion of the ventricular walls and 

distortions may lead to impaired valve closure and subsequent valve leakage 42.  The Adjucor 

device is the only device that has multiple fluidic chambers on each ventricle. Although there is 

no published work on this, the patent shows there are three fluidic chambers on each ventricle. 

This device is the closest conceptually to the work I will discuss in Chapter Four, with the main 

difference being that it does not help the heart to twist.  

2.6 Direct cardiac compression devices using alternative actuation strategies 

There are other ways to provide epicardial mechanical assistance to the heart including motors 

driving cables, rotational motors, ultrasonic motors or the use of electroactive polymers and shape 

memory alloys. They are briefly described below in Figure 2-4 and Table 2-4.  
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Figure 2-4: Alternative actuation strategies for direct cardiac compression devices 
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Some limitations of these alternative actuation strategies for this application are that motors can 

generate heat; while electro-active polymers and shape memory alloys do not, as yet, generate 

sufficient force at a fast enough rate to assist the heart. 

Table 2-4: DCC devices using alternative actuation strategies 

Device name (clinical 

application) 

Engineering Aspects Sources 

Multi-fingered heart 
compression device. 
(heart failure) 

Uses an electroactive ionic–polymeric–platinum 
composite artificial muscle  
This novel actuation technique does not provide large 
forces at the frequency required for cardiac assist. 

43–45 

Apical torsion device for 
cardiac assist 
(Congestive heart failure) 

Wrings blood from heart using torsion 
Purports to be less traumatic because it minimizes contact 
with the epicardial surface (only contacts heart at the 
apex) 
  

46 

Cardiac compression 
assist device driven by 
linear ultrasonic motors 
(Heart disease) 

Very low (<1N) forces produced 
Maximum thrust force and maximum velocity do not take 
place at the same working frequency, resulting in a 
deteriorated performance. 
Limited range of motion 

47 

 

2.7 My work in the context of these devices 

My work on a cardiac assist device will be described in Chapter Three and Four, and fits into the 

category of assist devices using fluidic chambers, as described in Section 2.4 above. I have 

identified two limitations with these DCC devices (i) they do not mimic the twisting motion of 

the heart, but instead invert the normal curvature of the heart and cause friction at the 

epicardium/device interface (ii) they do not augment diastolic function and can restrict diastolic 

filling. In order to counteract these problems in Chapters Two and Three I propose a biomimetic 

approach to DCC where individual actuators are oriented in a helical, and circumferential fashion 

similar to epicardial and myocardial fibers of the heart respectively, thus replicating cardiac 

motion while providing mechanical assistance48,49. Instead of using simple inflatable bladders, as 

described in Section 2.4, I propose to use a modified Pneumatic Artificial Muscle (PAM) for 
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actuation that can provide a physiological, atraumatic actuation strategy due to its self-limiting 

load-length curves 50,51. I have characterized and optimized these actuators for integration into 

DCC devices so they can operate at safe pressures and extend as well as contract, enabling 

augmentation of both systolic and diastolic function52,53.  Another differentiating feature of my 

approach is to assist with squeezing and twisting of the heart. None of the aforementioned devices 

assist with both actions. Finally, the current work aims to provide programmable assistance where 

multiple actuators can be individually timed and actuated independently. With the exception of 

the Adjucor device (Fig 2-3h), all of the aforementioned devices have single (or at most two) 

inflatable chambers, which limits their programmability. 

2.8 McKibben Pneumatic Artificial Muscles 

In this work we propose to use a modified McKibben Pneumatic Artificial Muscle (PAM). 

McKibben PAMs have been used in a wide range of applications including robotics, and orthotics 

54. One potential new application is in direct cardiac compression (DCC), a treatment for end-

stage heart failure. A number of actuation strategies for DCC have been implemented, pneumatic 

and otherwise 30,34,43,44,47–49,55, but to date it seems that McKibben PAMs have been ignored as an 

actuation strategy. If integrated into DCC devices, McKibben PAMs may provide a more 

physiological and atraumatic actuation strategy because they have load-length curves similar to 

human muscle 50,51 and are self-limiting. Unfortunately, traditional McKibben PAMs have 

properties that could limit their use inside the human body. The foremost drawback is that 

McKibben PAMs typically have a threshold pressure of 100kPa due to the material properties of 

the internal bladder, friction between the bladder and mesh coupled with an initial lack of contact 

between the walls of the bladder and mesh. This limitation prevents precise control of force and 

displacement. Low forces and controlled displacements cannot be achieved with PAMs that have 

high threshold pressures because there is a rapid jump in force and displacement as the threshold 

is passed 56. This may be traumatic to the heart after many cycles. Besides that effect, a higher 
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threshold pressure would require a higher operating pressure, but it is unsafe to have high 

pressures inside the body in case the device ruptures. Finally, a high threshold pressure introduces 

a delay since the actuator cannot begin delivering power until the threshold is passed.  

Additionally, most existing McKibben PAMs have rigid attachment points at their ends that allow 

for easy mechanical coupling to a load. If McKibben PAMs were used for DCC, such features 

might damage a patient’s soft tissue. Also, the crimps have been shown to cause early fatigue 

failure due to introduction of stress concentrations 53,56. In the present work, a new variant of the 

McKibben PAM that integrates the braid with an elastomeric tube was designed to be compatible 

with DCC (described in Chapter Two).  
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3 Development of a Bioinspired Soft Actuated Material 

3.1 Preface 

In this chapter I describe a soft robotic technology for replicating the motion of the heart by 

orienting embedded linear contractile actuators in a soft matrix in a bio-inspired orientation. I 

develop a numerical model to guide the design of these structures, and validate the model 

experimentally. This work allowed me to develop fabrication and modeling techniques that 

formed the building blocks for the development of an implantable cardiac assist device that will 

be described in Chapter Four. 

3.2 Introduction  

Nature has abundant examples of soft muscular systems; examples of these in the human body 

are the stomach, tongue, diaphragm and heart. In fact, musculature has been deemed the 

“prototypical soft actuator” because it can achieve fast, strong actuation and remarkably complex 

patterns of movement 57. Replication of these motions with traditional robotic systems is 

challenging, and involves complex mechanisms and many actuators. Furthermore, while the 

impedance of the robot can be modulated using force feedback and advanced control systems, it 

is difficult to achieve values similar to biological tissue.  The emerging field of “soft robotics” 

lends itself to replicating biomimetic motions, having simple and low cost actuation and the 

capability to achieve bending, twisting, extension and flexion with non-rigid materials. However, 

complex motion often requires specifically designed actuators with multiple internal channels or 

complex cavities for actuation 57–62. As depicted in Figure 3.1a, if we look to biology for 

inspiration, complex motion in soft muscular structures is often achieved through the functional 

arrangement of many simple contractile elements arranged spatially in a soft matrix (Figure 1.1b), 

and actuated synergistically. We propose new fabrication approaches that mimic these biological 

materials where arrays of fully soft contractile elements are embedded in an elastomeric matrix 

with mechanical properties similar to tissue (Figure 3.1c). Through the specific arrangement of 
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the contractile elements and their selective activation, a wide variety of motions can be achieved 

relatively simply and inexpensively (Figure 3.1d). 

 

Figure 3-1: Inspiration, concept and realization of bioinspired soft actuated material for physiological motion 

generation a) The arrangement of fibers in the heart, stomach and skeletal  muscle can inspire soft actuated 

materials. b) Arrangement of fibers in the heart. c) Pneumatic air muscle showing displacement when actuated 

with air, and process of embedding actuators in a soft matrix d) Selective activation of individual contractile 

elements. e) Casting of actuators in a simplified bioinspired 3D structure. f) Resulting active left ventricle that 

can achieve twisting motion. 
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 Furthermore, we develop approaches for numerically simulating these materials that provide 

design guidelines on how the material and geometric properties of both the contractile elements 

and matrices affect the resultant movement. To demonstrate this, we present a specific case study 

of a material that mimics the biological form/function relationship of the left ventricle of the heart 

(Figure 3.1e). This modeling approach was verified via a prototype fabricated with a multi-step 

molding process that included features to aid with three dimensional measurement of movement 

(Figure 3.1f). This class of programmable, soft actuated material with multiple degrees of 

freedom has potential for a huge range of applications including simulating normal physiological 

and pathological motion, in addition to replacing or restoring the function of failing organs.  

3.3 Materials and Methods 

3.3.1 Experimental Characterization of Actuators 

 In order to characterize longitudinal shortening and radial expansion of the actuator, one end was 

fixed as it was inflated to a given pressure. Length and diameter of the actuator were measured at 

each pressure increment. Young’s modulus of the PAMs was determined at a range of pressure 

increments on a mechanical tensile tester (Instron 5566, 2kN load cell) at a grip-to-grip spacing of 

50mm gauge. The crosshead was manually lowered to zero force, and then returned to the 

original gauge length at a speed of 200mm/min while measuring force (Figure A1.3).  

3.3.2 Experimental Characterization of Test Specimens 

Specimens were gripped by rigid ends at a in a mechanical tensile tester (Instron 5566, 2kN load 

cell). Pressure used to actuate PAMs was varied with a regulator (Campbell Hausfeld) and 

measured with a sensor (Balluff BSP000W). A photo was taken at each pressure with a remote-

controlled camera positioned at a fixed distance from the test specimen. Optical trackers were 

then tracked with a camera and a customized Matlab script in order to output axial and radial 

strain at each pressure (Figure A1.5).  
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3.3.3 Finite Element Model of Test Specimens and Left Ventricle  

Quadratic tetrahedral solid hybrid elements (ABAQUS standard element type C3D10H) were 

used.  Under large strains, Ecoflex 00-30 behaves as a hyperelastic material but strains 

encountered in the experiments presented are within the linear elastic range (<10%) so it was 

modeled as a linear elastic material with properties from supplier material data sheets (density of 

1.07x10-9 g/cm3 and Young’s modulus of 68.9kPa, the tensile strength at 100% strain) and a 

Poisson’s ratio of 0.499. A linear elastic model was also used for the PAMs. Young’s modulus of 

PAMs was experimentally determined by measuring force length slope of inflated PAM at 

various pressure increments (Figure A1.3). The composite density of the actuator was derived by 

the volumetric percentage of its components (elastomer, mesh, and air) and calculated at 0.45 x 

10-9 g/cm3. Air supply tube geometry and inactive ends were incorporated into the model and 

assigned appropriate material properties and a coefficient of thermal expansion. For the test 

specimens, the accuracy of the mesh was ascertained through a mesh refinement study, resulting 

in a mesh seeding size of 1.5mm in the matrix and PAMs, and 4.9mm throughout clamped ends. 

For the left ventricle seeding size was 3.2mm. Displacement of the nodes on the clamped ends of 

the samples was fixed for test specimens, and nodes at the base of the left ventricle were fixed. 

Orientation assignment for the PAMs in the left ventricle model is described in Appendix 1.  

3.3.4 Experimental Characterization of Motion  

Motion tracking of the physical prototype was achieved with the 3D Guidance trakSTAR 

(Ascension Technology Corporation) and Model 90 6DOF freedom sensors (0.9mm). The 

transmitter and base of heart were fixed in one plane using a customized plastic holder so that the 

apex was free to move.  One sensor was placed at the center of the base plane, and assigned as the 

origin. Each of eleven additional trackers were then placed at molded alignment features on the 

LV and finely, symmetrically positioned with Cubes software (Ascension Technology 

Corporation). Insertion into the elastomer was achieved by piercing a hole with a 22 gauge needle 
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then inserting the 0.9mm trackers so that elastomer would self-seal around the trackers, enabling 

them to be secured to the elastomer. The LV was actuated in discrete pressure steps and 

positional data was acquired 5 times at each pressure.  

3.4 Results  

I begin by realizing a soft contractile actuator that lends itself to casting from, and being 

embedded in a soft material. Once the contractile element for the soft actuated material is 

optimized and characterized we create arrays of actuators in 2D test specimens. By varying 

matrix material, width, number of actuators and actuator spacing I characterize effects on 

horizontal and vertical strain distribution, and total force generation for each test specimen. I 

subsequently introduce a finite element (FE) simulation of the actuator-matrix structure, and 

validate this simulation by comparing the results to experimental data.  I look to the left ventricle 

of the heart, as a specific three-dimensional (3D) case study to demonstrate the modeling 

approach and manufacturing capabilities of this new platform of materials. By varying the spatial 

arrangement of these linear actuators and embedding them in a soft matrix we can achieve 3D 

motion that can be tailored to achieve physiological and pathological motion.  

I selected McKibben pneumatic air muscles (PAMs)63–65 to act as the contractile elements for this 

platform of materials. These are the most highly developed and studied class of soft actuators. 

They consist of an inflatable bladder surrounded by a braided mesh. The rationale for selection of 

these PAMs were multiple; (i) they can be fabricated to be fully soft66, (ii) they can be actuated to 

achieve significant contraction with low pressures (demonstrating a load-length behavior similar 

to muscle)57, (ii) they can be actuated quickly (0.05 seconds dynamic response time) 66 and (iv) 

they can be easily integrated into the manufacture of three dimensional soft actuated materials 

through a multi-step co-molding process. PAMs are limited in that they can only have one mode 

of actuation; axial contraction with an accompanied radial expansion in response to a change in 

pressure.  However, if arranged spatially in a matrix according to a desired function, they may be 
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analogous to individual contractile elements such as muscle fibrils 57 and more complex three 

dimensional resultant motions can be achieved. For our application, soft low-threshold pressure 

actuators were fabricated as described previously 66 but scaled down in size to a nominal length 

and diameter of 75mm and 5mm respectively.  

Figure 3.2 shows the fabrication of the actuators. A 3D printed mold (Objet Connex 500, 

Stratasys) was used to cast inner tubes from elastomer (Ecoflex 00-30, Smooth-on Inc.). The 

process is described further in the Supporting Information (Figure A1.1). A mesh was then placed 

around this inner tube and an air supply tube was secured inside actuator with nylon thread. 

Finally the mesh and inner tube were covered with an additional layer of elastomer. The principle 

of operation of the PAMs is shown in Figure 3.2b. Their longitudinal contraction and radial 

expansion were characterized, and are plotted as a function of input pressure (Figure 3.2c). As 

can be seen, the majority of the contraction/expansion occurs at low pressures due to the low 

durometer of the inner elastomeric tube.  
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Figure 3-2: a) Molding process for actuators 1: An elastomeric tube is molded and capped with a 3D printed 

mold, and centre rod 2: Tube is demolded 3: A mesh is placed over the elastomeric tube, secured to an air 

supply tube, and 4: Actuator is embedded in a thin layer of elastomer. b) Operation of actuators: when pressure 

is applied the actuator shortens and expands radially. c) Percentage longitudinal shortening and radial 

expansion for each pressure. d) Fabrication process for test specimens. e) Test specimen showing optical marker 

placement for horizontal and vertical strain calculations and dimensions. f) Experimental and FE strain for 

various matrix widths. g) Experimental and FE force prediction for various matrix widths (h-j) as above for 

various actuator spacing (S) in terms of resting diameter of actuator, D = 5mm. 
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In order to understand the behavior of a composite material consisting of actuators embedded in 

an elastomeric matrix, I manufactured a number of two dimensional test specimens with varying 

material properties and actuator number and spacing. Figure 3.2d shows the process for 

fabrication of dog-bone shaped test specimens with embedded actuators (one or three) with two 

different elastomeric matrices (Ecoflex 00-30, Smooth-on Inc. and Elastosil M4601, Wacker 

Chemie AG). Two-part molds were 3D printed that included interdigitating features to provide 

increased tensile strength at the material interface between the specimen and its ends that were 

clamped in the tensile testing machine. Before casting the specimens, the actuator and supply 

lines were placed in the mold and PDMS and Ecoflex elastomer were poured into the ends and 

main cavity respectively and the two materials bonded at the interdigitating interface. Optical 

markers were added to test specimens with a template and a Matlab (Mathworks Inc.) interface 

was used to track them and strain measurements were made according to the equations in Figure 

3.2e. Testing for force and strain at various input pressures was carried out as described in the 

experimental section, with more detail and results in Appendix 1 (Figure A1.4 and A1.5). Ecoflex 

00-30 was selected as the matrix for fabrication of the soft actuated material due to the ability to 

generate larger strains, and because its reported modulus 125kPa 67 was within the range of 

reported values for myocardial tissue (203.3±55.6 kPa for healthy myocardium and 117.3±37.0 

kPa for infarcted myocardium) 68.  

Having ascertained the properties of the individual actuator and composite actuator-matrix 

specimens, I developed a methodology for creating numerical simulations for our soft actuated 

materials. The simulations were performed using the nonlinear finite element code 

ABAQUS/Explicit and provide a means to predict the performance of different design iterations 

of the soft active materials. To model the response of the actuators to an increase in pressure, 

without the need for a detailed model of the braided mesh, we used temperature and orthotropic 

coefficients of thermal expansion to model their anisotropic strain response. PAMs were assigned 
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an experimentally derived modulus of 1.78MPa (described further in Appendix 1, Figure A1.1) 

and orthotropic thermal expansion coefficients according to experimentally derived strains that 

were negative in the longitudinal direction and positive in the radial direction for a positive 

change in pressure (Figure 3.2c). The host elastomeric matrix was modeled as an elastic material 

as strains were in the linear elastic range. It was assigned a thermal expansion coefficient of zero.  

The matrix and PAMs were merged before applying a uniform temperature (corresponding to 

actuation pressure) to the entire assembly. The output for each specimen was the reaction force at 

fixed ends and displacement for selected nodes corresponding to the optically tracked markers on 

the physical specimens. In Figure 3.2f-j I compare numerical and experimental strain and force 

results for single and multiple actuators, respectively. There is very good agreement for strain; as 

shown in Figure 3.2f and 3.2i, with discrepancies likely due to quality and consistency of optical 

markers Also, as expected, trend towards decreasing strain is observed as matrix width or actuator 

spacing increases. Force produced by the specimens, however, is less affected by matrix width 

and actuator spacing (Figures 3.2g and 3.2j). Discrepancies between the experimental and 

numerically predicted force were observed (Figure 3.2j) with the experimental force being less 

than the numerical prediction. This may be attributed to some slippage of the test specimens from 

the grips of the tensile testing machine, or some slight delamination at the actuator/matrix or 

matrix/PDMS interface, although measures were taken to minimize these experimental artifacts.  

A limitation of the numerical modeling approach is that it is not as accurate for higher pressures 

and higher modulus matrices. 

Upon establishing the fabrication method, completing the experimental characterization, and 

developing and validating a numerical simulation approach, I then took inspiration from nature to 

create a three dimensional soft active material. The left ventricle of the heart is a muscular 

structure capable of achieving complex motion through oriented active contractile elements. 

During the contraction phase of the cardiac cycle the apex of the left ventricle twists anti-
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clockwise approximately 6-10° when viewed from the apex while the base of the heart has a net 

clockwise rotation of 2-4° 69,70.  Figure 3.3a describes the resultant complex left ventricular (LV) 

twisting motion, with the apex and base rotating in opposite directions. Twist is governed by 

parameters including orientation of the heart muscle (myocardial) fibers and the balance between 

the contraction of the outer (sub-epicardial) and inner (sub-endocardial) fibers which are arranged 

in opposing helices  (Figure 1.3b) 71 . Once we had validated our modeling approach, we created a 

three-dimensional finite element model that represented a simplified version of the left ventricular 

(LV) structure (Figure 1.3d and e). Specifically, an ellipsoid LV geometry was generated in 

Solidworks (Dassault Systemes) using dimensions in the range of a previously reported simplified 

model 72 (specifically; base to apex 71mm, wall thickness 10mm, radius 42mm). As the sub-

epicardial fibers dominate the motion of the left ventricle, the simplified model includes this layer 

alone (Figure 1.3b). The PAMs were oriented in a left-handed helix to mimic the architecture of 

the fibers of the epicardial layer and were oriented, at an inclination of -60° with respect to the 

basal plan as described by Young and Cowan 73. Three transverse reference planes (apical, mid 

and basal) were created in the LV model (Figure 1.3b) and four equally placed nodes were 

created on each plane coincident with the outside of the LV wall for outputting displacement data. 

Simulations were run as described for the 2D specimens. Boundary conditions matched that of 

the physical prototype with displacement of the nodes at the base fixed in all directions. 

Positional coordinates of each displacement-tracking node were measured for actuation of PAMs 

at different pressures. 
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Figure 3-3: a) Heart with opposing rotation at apex (counter-clockwise) and base (clockwise) b) Sub-epicardial 

and sub-endocardial fibers are arranged in opposing helices. Sub-epicardial fibers dominate overall motion due 

to a larger radius, thus a greater moment arm c) Physical prototype at various pressure increments d) Mesh 

showing deformation at corresponding pressures e) Displacement contour plot in isometric view showing the 

displacement (U) of the ventricle at corresponding pressures f) Apical rotation (average of 4 markers in apical 
plane)  for FE and  physical model when LV is supported at the base compared to clinical values 63g) Apical and 

basal rotation (average of 4 markers) when LV is supported by flexible band between base and apex compared 
to clinical values 67.   
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Guided by this numerical simulation, a physical prototype was fabricated with identical 

dimensions (Fig 1.3c). Figure A1.7 describes the multi-step molding process with reconfigurable 

3D printed molds that include alignment features for accurately embedding multiple actuators in 

an elastomeric LV structure.  Motion was tracked using electromagnetic trackers (3D Guidance 

trakSTAR system, Ascension Technology Corporation) placed in the LV model at locations 

corresponding to the displacement tracking nodes in the FE model (Figure A1.9). 2D rotation of 

each node in the basal and apical plane for incremental pressures was calculated from these co-

ordinates using equation 2 (Appendix 1). 

The FE model predicted an apical rotation of 7.78°±0.55° (average of rotations for four nodes 

corresponding to EM trackers) when the LV is rigidly supported at the base, corresponding to the 

experimental boundary condition. Experimental measurements on the physical prototype closely 

matched that of the FE model with an agreement of 98.5%. The average experimental rotation 

was 7.89°±0.59° (Fig 3.3f). Differences between numerical and experimental results are likely 

due to slight discrepancies in sensor positioning in the physical prototype. Discrepancies are 

lower than the 2D test specimens because the electromagnetic trackers are smaller and more 

accurate than optical marker tracking. Both numerical and experimental values for rotation fall 

within the ranges of clinical values of 6.8°±2.5° as reported by Nagel [13]. Furthermore, when the 

physical model was supported by a flexible band rather than a rigid clamp at the base to allow 

apical and basal rotation, apical rotation of 6.25°±1.73° (counterclockwise when viewed from 

apex) and basal rotation of 2.78°± 0.45° (clockwise) could be achieved, again falling within the 

range of clinical values for apical and basal rotation respectively (6.8°±2.5° and 4.4°±1.6°) 

(Figure 3.3g). The validation of the FE model with experimental testing, and the close correlation 

of both with clinical data is a key result that demonstrates the applicability of this class of 

materials. 
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Left ventricular twist is a useful index of cardiac performance and myocardial mechanics, and can 

be affected by a range of diseases 70. For example, if muscles are injured by ischemia, they can be 

rendered non-contractile, leading to local akinesia (no motion) or dyskinesia where there is local 

movement that opposes that of the viable myocardium. The three-dimensional simulation and 

physical prototype we developed were also used to explore how damage to individual contractile 

elements can result in akinetic motion. This could be accomplished by selective deactivation of 

the PAMs, representing a transmural infarct where all sup-epicardial and sub-endocardial fibers 

are injured by ischemia, and rendered non-contractile 73. Figure 3.4 highlights this key feature of 

our approach: the ability to selectively deactivate individual PAMs in both numerical simulation 

(Figure 3.4a-c) and our experimental model (Figure 3.4d). Pathological motion was simulated by 

setting isotropic thermal coefficients of selected PAMs to zero in FE model and by disconnecting 

the air supply for the deactivated muscles in the physical prototype. The plot in Figure 3.4e shows 

the total rotation from each of the four markers in the apical plane (FE simulation and 

experimental measurements) as the PAMs are sequentially deactivated. As shown, overall 

rotation decreases as PAMs are deactivated sequentially. The discrepancy between simulation and 

experiment is likely due to slight movement of the marker positions when deactivating the PAMs 

in the physical prototype. As the results demonstrate, the contribution to overall rotation from 

markers 1 and 2 (positioned in the region where PAMs were deactivated) decreases with each 

PAM deactivation. Although this trend is evident for markers 1 and 2, it is more significant for 

marker 2 (positioned between 2 muscles that are ultimately deactivated) than marker 1 

(positioned beside deactivated muscle). This is analagous to a higher reduction in rotation in an 

infarcted region (akinetic) compared to a lower reduction in a peri-infarct or border zone region 

(dyskinetic) of an ischemic heart.  
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Figure 3-4: a) FE model showing sequential deactivation of PAMs (all at 20psi).  Displacement contour plot for 

each case at 20psi viewed from anterior view (b) and apex (c), respectively. d) Physical prototype at 20psi with 0, 

1, 2 and 3 muscles deactivated (shown in red). e) Total rotation for FE model and experimental showing a 

decrease in rotation of markers 1 and 2 that lie in the “akinetic region”. 

3.5 Discussion   

In this chapter I have described the simulation, fabrication and experimental characterization of a 

soft active material concept comprising linear contractile elements completely embedded in an 

elastomeric matrix. A finite element based methodology was developed and validated for 

simulating such composite materials. A case study was presented that was inspired by the 

structure and dominant muscle layer of the myocardial architecture of the left ventricle. I 

demonstrated that by mimicking the orientation of the contractile elements in a soft elastomeric 

material in shape similar to the left ventricle, an accurate representation of apical twist could be 
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achieved. Furthermore, I showed that the approach could be used to predict the effect of damage 

to a select number of contractile elements on cardiac motion by selectively disengaging a number 

of PAMs. Due to the fact that physiological or pathological twist has a critical impact on the 

performance of implantable cardiac devices such as prosthetic valves and tissue defect repair 

devices, an ideal bench-top cardiac simulator would mimic the soft and active contractile motion 

of the natural heart tissue and be capable of replicating physiological and pathological motions. 

Here, I demonstrate a soft cardiac simulator with an actively twisting component whose motion 

agrees well with numerical simulation and physiological clinical ranges. Given that the majority 

of therapy delivered to treat cardiac disease is associated with pathological motion, we also 

demonstrate the ability to generate pathological-like motion with these simulations and 

experiments by deactivating select pneumatic air muscles (PAMs), a key feature not present in 

other silicone models74. Looking beyond the exemplification of the left ventricle simulator, the 

possible applications for this tunable platform of soft actuated materials are vast. The method of 

fabrication is simple, low cost and flexible. I demonstrate that by varying the matrix material, the 

number of actuators, actuator spacing and degree of actuation (Appendix1, Figure A1.5) that I 

can tune the motion to match both physiological and pathological motion. In addition to 

increasing our understanding of these motions, this material platform can function as a test-bed 

for therapeutics. Additionally, as the PAMs can be further actuated, the platform could have 

potential as a device for the mechanical assist or replacement of organs. The elastomeric 

materials used in the creation of these soft active materials has a modulus on the order of 125 kPa 

which is closely matched to that of biological tissue and is thus inherently safe compared to other 

robotic approaches. Further tuning of the material platform could involve using an 

inhomogeneous or graded modulus matrix to program the compliance of the material, or using 

other actuator types to achieve additional degrees of freedom.  
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4 A tunable, biomimetic, soft robotic implantable heart assist sleeve 

4.1 Preface 

In Chapter Three, I described using soft robotic techniques to replicate the twisting motion of the 

heart 75. Here, in Chapter Four, I build on this technology to develop a soft robotic sleeve that 

takes inspiration from the muscle of the heart and acts to augment cardiac function by closely 

replicating it. I will also discuss the first in vivo results of this device in an animal model of 

cardiac asystole and acute heart failure.  

4.2 Introduction 

The field of “soft robotics” lends itself to replicating biomimetic motions through simple and low 

cost actuation of non-rigid materials to achieve bending, twisting, extension and flexion. Soft 

robotic structures can therefore offer a safer, lower cost alternative to traditional rigid mechanical 

implantable devices. Complex motion can be achieved with specifically designed actuators with 

multiple internal channels or complex cavities for actuation 57–62 or with simpler liner contractile 

actuators spatially arranged in a biomimetic or form-function architecture 75. To date, the pre-

clinical or clinical utilization of soft robotic structures as implantable devices has been limited. 

Here we use soft robotic techniques to develop an implantable active sleeve that can be used for 

circulatory support for patients with (i) cardiac asystole or (ii) heart failure. 

Patients with acute cardiac asystole or cardiac arrest have a short window within which cerebral 

perfusion must be restored to preserve life. Intra-aortic balloon pumps and cardiopulmonary 

bypass has been used for these patients, but these methods can result in inadequate cardiac output 

augmentation (10-15% of baseline) and hemorrhagic, thromboembolic and ischemic 

complications 76. Cardiopulmonary bypass requires cannulation, anti-coagulation and can be 

associated with morbidity and mortality 77. Previous studies have shown the promise of external 

devices for providing circulatory support using direct mechanical ventricular actuation without 

blood contact for acute cardiac asystole patients 78,79. Forty one million people live with heart 
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failure (HF) worldwide. In the USA alone the prevalence is over 5 million 5, costing the nation an 

estimated $32 billion each year 6. Currently, patients with end stage or medically refractory HF 

are often considered for heart transplantation. However, donor availability is extremely limited 

and many patients die awaiting transplantation. To assist the failing heart mechanically, 

ventricular assist devices (VADs) are utilized as a life prolonging therapy, either as a bridge-to-

transplant, or in some cases, as a destination therapy. The current generation of VADs is based on 

a pump and valve technology; the heart and great vessels are cannulated, blood is removed from 

the heart, and pumped through a one-way valve under pressure into the aorta. Because of the 

contact between blood and these artificial surfaces, anticoagulation is required. Despite the best 

efforts at appropriate anticoagulation, the risk of thromboembolic events including, stroke, may 

occur in up to 20% of patients 44. As there is no contact between the blood and the present active 

sleeve, the need for anticoagulation is obviated and the risk of thromboembolic complications is 

dramatically reduced. While others have recognized this advantage, most previous external 

devices have suffered from an important shortcoming 29,48,49; by design, they have inverted the 

normal curvature of the heart. This has resulted in friction and trauma at the epicardium/device 

interface, resulting in decreased efficacy and devices have not been integrated and synchronized 

with native cardiac contraction mechanics and direction.  

In the heart (Figure 4-1a) complex motion is achieved through the functional arrangement of 

many linear contractile elements arranged spatially in a soft matrix, and actuated synergistically. 

The muscle layers of the heart are arranged in a helical and circumferential pattern 80–83, to 

achieve compression and twisting motions simultaneously. This device is inspired by this 

architecture and comprises a fully conformable sleeve with two biomimetic layers of contractile 

elements embedded in an elastomeric matrix with mechanical properties similar to tissue. I 

employ custom-designed soft pneumatic artificial muscles (PAMs) that can provide a 

physiological, atraumatic actuation strategy due to their self-limiting load-length curves 50,51,66. I 
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orient these PAMs in a helical and circumferential manner similar to epicardial and myocardial 

fibers of the heart respectively (Figure 4-1b), thus replicating cardiac motion while providing 

synchronized mechanical assistance. The actuators will augment cardiac function along the force 

vectors of the native heart muscle. Through the specific arrangement of the contractile elements 

and their selective pressurization, we can achieve independent compression and twisting as well 

as simultaneous compression and twisting. When vacuum is applied to the PAMs they extend, 

and we can actively achieve opposing motions of decompression (filling) and untwisting (Figure 

1b). I exploit fabrication techniques that allow the integration of pneumatic actuators into a soft 

matrix to realize these active layers into a three-dimensional structure that approximates the outer 

surface of the heart (Figure 4-1c). 

                                                       

Figure 4-1: Inspiration from the heart to create a soft robotic sleeve that can compress and twist. A) The muscle 

fiber orientations of the outer two layers of the heart inspire the design of the ventricular assist device. B) 

Individual active layers compressed of contractile elements (fluidic actuators) arranged and embedded in soft 

matrices can achieve the motions of compressing and decompressing, twisting and untwisting and both actions 

simultaneously. C) Realization of different layers of the DCC device on model heart. The first design shows 

circumferential actuators only on the heart (six in total, formed into three rings), the second is the helical design 

where actuators are arranged in a left-handed helix at 60 degrees to the horizontal, the third is a combination of 

both layers to achieve compression and twisting.  
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4.3 Materials and Methods 

I used pneumatic artificial muscles (PAMs) to actuate the DCC device. Broadly, this class 

of actuators contract when pressurized with fluid. The most widely used PAM is the Mckibben 

PAM 5654. These actuators consist of an internal inflatable bladder enclosed in a textile mesh or 

braid. The mesh contracts axially when the bladder expands it radially, acting in a manner similar 

to a scissor linkage. We modified the fabrication process for PAMs and used silicone internal 

bladders for design 1, and thermoplastic urethane bladders for design 2. Here I present two 

designs – Design 1 is a cast silicone device following on from Chapter Three that uses silicone-

based actuators. This device is suitable for acute cardiac resuscitation. Design 2 is a thin silicone 

laminate design, with stronger thermoplastic urethane actuators. The design changes were made 

based on observations from clinical trials and it is suitable for longer-term cardiac assistance.  

4.3.1 Silicone actuator fabrication process 

The process for silicone PAMs was described in the previous chapter and consisted of 

molding silicone tubing, preparing a mesh, bonding the mesh to the tubing, and then sealing the 

ends. Briefly, elastomeric tubing was molded in house using a low stiffness elastomer (Ecoflex 

00-30, Smooth-on, Inc.). A mold was designed and 3D printed (Fig A1-1a,b) and the mixed pre-

polymer was injected into the mold (Fig A1-1c) and degassed in a vacuum chamber at 10kPa 

absolute vacuum for 10 minutes. Afterwards, the elastomer was cured for 1 hour in a pressure 

chamber heated to 60°C. A minimum outer diameter of 8mm and wall thickness of 1mm was 

chosen. Before being molded over the elastomeric tubing, the mesh was locally modified to resist 

expansion at its ends and to prevent fraying. This was achieved by locally heating the mesh 

(expandable sleeving, Techflex, Inc.). The mesh was placed over a steel rod for support and the 

region of the tube that was not being modified was covered with heat shrink to maintain the 

orientation of the fibers underneath. The end of the mesh sleeve was held to the rod with a ring of 

heat shrink tubing to prevent fraying when the ends were heated and compressed. The exposed 
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mesh sleeve was compressed by sliding the two heat shrink protected areas together. When the 

exposed mesh was compressed, it bulged to a larger diameter, but collapsed back to the diameter 

of the rod when heated. After the new configuration was achieved, the fibers were allowed to cool 

to lock the new shape into place.  

 

Figure 4-2: Mesh preparation. A) Process schematic. B) Resulting mesh with high braid angle, transition and 

low braid angle. 

Once the mesh was prepared, it was bonded to the outer wall of the elastomeric tube with another 

layer of elastomer. The mesh was placed over the tube and dipped into a reservoir of mixed pre-

polymer, then cured with hot air while rotating to evenly spread the elastomer. Finally, an air 

supply line was inserted into one end of the actuator and Silpoxy (Smooth-on Inc, USA) was 

placed around the airline to seal it in place. The opposite end was also sealed with Silpoxy 

silicone adhesive (Smooth-on Inc, USA). 
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4.3.2 Characterization of silicone actuators  

                                              

Figure 4-3: Parameters for McKibben actuators. When the actuators are pressurized, they expand radially and 

shorten axially. The braid angle goes し0 to し. In this design the internal bladder and the mesh move together. 

The actuators were characterized to determine whether they provided the appropriate force, 

contraction, and rise time for use in DCC. Isometric contraction tests were conducted to 

determine output force as a function of internal pressure while actuator length was held constant, 

and constant pressure contraction tests were conducted to measure force as a function of 

contraction while pressure was held constant. The isometric contraction test was conducted quasi-

statically and dynamically. Additionally, failure testing was conducted to determine the failure 

mode and pressure of the actuators. For the isometric contraction test, the force output was 

measured using a 2kN load cell (±4N accuracy) and pressure was measured using a pressure 

transducer (±5 kPa accuracy) attached to the air supply line for the actuators. From these 

measurements, a force-pressure curve was generated.  
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Figure 4-4: Actuator characterization. A) Isometric testing. Actuator is clamped, pressurized and depressurized 

while the clamps do not move. B) Constant pressure testing. Pressure is kept constant, actuator is pressurized, 

then crosshead is moved down until the force is zero, the crosshead is moved back to starting position while 

measuring force. 

Figure 4-4a shows the actuator characterization test set-ups. The pressure input was different in the 

quasistatic and dynamic testing. For the quasistatic response, the input pressure was slowly (T=60s) ramped 

from 0 to 103kPa and back to 0 kPa using a pressure regulator. For the dynamic response a solenoid 

valve (2.4mm orifice, 4-16 milliseconds response time) was used to quickly deliver air at 103kPa 

from an accumulator (4.16L) to the actuators through about 1m of tubing (ID=3.2mm). A 

regulator was used to fill and continuously regulate the pressure in the accumulator. For the 

constant pressure contraction test, the force and contraction were measured using a method 

previously used to characterize PAMs [22]. Figure 4-4b shows the experimental procedure. Tests 

were run at pressures of 34kPa, 69kPa, and 103 kPa and an accumulator (4.16L) was again used 
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to maintain constant pressure. The contraction was varied by moving the actuator ends while the 

reaction force at the supports was measured using a 2kN load cell (±4N accuracy). The actuator 

was allowed to contract until no load was measured at the supports (the “maximum contraction”) 

and was then stretched back to the original length. Percent contraction was calculated by dividing 

displacement by the initial active length (10cm). The contraction frequency was near 

physiological rates. A normal resting heart rate ranges from about 0.7Hz-1.3Hz, whereas the 

actuators were tested at ramp speeds consistent with about 0.5Hz contraction frequency. Failure 

testing was also performed on the actuators. Pressure was delivered to each actuator using its air 

supply line and was slowly increased until failure. The tests were conducted with no load attached 

to the actuator. A pressure sensor (accuracy: ±5kPa) was used to measure the pressure during the 

test. The tests were filmed with a pressure sensor next to the muscle to enable confirmation of the 

pressure at the onset of failure.  

4.3.3 Sleeve Casting Process for Design 1 

A silicone sleeve was cast to embed oriented actuators in a cup shape using a multi-component 

reconfigurable 3-D printed mold (Fig 4-5a). Different cores were printed with channels to 

accommodate actuators, and liners provided adjustability in terms of size of the cast sleeve. 

Sleeves with different actuator configurations were cast separately, and could be joined together 

afterwards. Before casting, airlines were removed from the PAMs and ends were plugged with 

clay. The flexibility of the elastomer allowed airlines to be re-inserted and bonded after casting.  

Fig. 4-5b shows the actuator arrangement for circumferentially placed PAMs. Here a liner in the 

mold is used to keep actuators in place before molding. Fig. 4-5c shows the helical actuator 

arrangement and an elastic mesh (SurgiPro, bandages.com) was used to keep actuators in place 

while casting. Once the actuators were aligned in the mold, the mold was assembled degassed in a 

vacuum chamber at 10kPa absolute vacuum for 10 minutes, then cured in a pressure oven at 

350kPa heated to 60°C.  
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Figure 4-5: Casting of silicone sleeve. A) A reconfigurable mold was designed and 3D printed to allow multiple 

sleeve formations with adjustable size and actuator architecture with the same mold. B,C)Circumferential and 

helical actuators placed on core (a mesh was used to keep helical actuators in place while casting). D,E) Pouring 

of silicone elastomer into the mold/actuator assembly. 

The circumferential and helical layers were cast separately and integrated in a final step. Six 

actuators were used for the circumferential layer (three rings with two actuators per ring, allowing 

left and right actuation independently) and eight actuators were used for the helical layer, oriented 

in a left-handed helix at an angle of 60 degrees to the horizontal 75. 
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4.3.4 Thermoplastic urethane actuator fabrication process 

                

Figure 4-6: Thermoplastic urethane balloon parameters. The overall behaviour is the same; when pressurized, 

the actuator expands radially, and contracts longitudinally. The difference with these actuators is that the 

internal bladder is shorter than the mesh, and decoupled from one end. When it expands, the material simply 

inflates to its full size, without straining the material, forcing the mesh to expand radially and contract 

longitudinally. 

In traditional McKibben PAMs the bladder and mesh are crimped together at both ends to allow 

mechanical coupling to a load, but here we suggest decoupling one end of the braid from the 

bladder, allowing maximum contraction of the PAM (Fig. 4-6). TPU balloons were manufactured 

using a thermoformer (EZform SY1217, Centroform, USA) and a heat transfer machine (Model 

QX A1, Printing and heat transfer Machinery Corp, USA). Negative balloon half molds were 3D 

printed in Vero material (Objet Connex 500, USA). Balloons were designed to be 80mm in length 

(or scaled appropriately depending on location in the DCC device) with an expanded diameter of 

16mm, a shoulder of 45° and a neck inner diameter of 3.2mm. Positive balloon halves were then 

molded with Dragon Skin F/X Pro (Smooth-on Inc.USA) using these molds.  
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Figure 4-7: Forming of TPU balloons. A) Thermoforming was done on a thermoformer at 150°C with -80kPa 

vacuum and 250N force. B) Two formed balloon halves were sealed together using a heat press. C) Edges were 

manually trimmed. D) Airline was UV bonded to balloon neck and balloon was inflated.  

Positive half molds (Fig.4-7a) were placed on the vacuum platform of the heat former and a sheet 

of 0.25mm TPU (Advanced Polymers Inc.) was placed in the upper heating frame of the and 

heated for 5 minutes at 150°C, until the sheet sagged in the center of the heating frame, 

identifying that it was sufficiently heated for thermal forming (Fig 4-7a). Once heated the two 

vacuum pumps connected to the vacuum platform (one for high volume and one for high 

vacuum) were turned on, and the frame was carefully but quickly lowered onto the platform, 

causing the heated TPU to be formed around the positive molds. The sheet was allowed to cool 

under vacuum (15 seconds) and removed from the platform. Multiple balloon halves were 

fabricated from each sheet. The formed balloon halves were then trimmed so that less than 1cm 

of TPU remained around the edges of the formed shape. Two formed balloon halves were places 

in the negative mold and placed on the base of the heat press (Fig 4-7b). A sheet of PTFE coated 

fabric (Vimalplast Inc.) was placed on top of the mold to avoid melting of the TPU onto the 

heated platen. The two halves were sealed together using a temperature of 150°C and clamping 

for 10 seconds. This process selectively applies pressure to the edges of the balloons, and avoids 

the balloon body, causing just the edges of the balloons to seal together. The edges of the balloon 
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were then trimmed (Fig 4-7c). An airline (1/8 inch OD pneumatic line, SMC Corporation) was 

bonded to the balloon neck using Loctite 3943 and UV cured for 60 seconds (Fig 4-7d). Braided 

mesh was cut to 115mm length, heat formed at each end (one end was closed with application of 

direct heat to a forming tool and the other cut with a hot knife, then placed over the bladder and 

bonded with the same UV adhesive at the airline/balloon neck interface. 

4.3.5 Fabrication process for silicone laminate sleeve 

The fabrication method for the sleeve for design 2 was a 2D laminate process involving layering 

of 250µm silicone sheets between actuator layers, and sandwiching them together in a custom 

designed mold before fully curing so that the layers are selectively bonded in between the PAMs. 

A flat mold was 3D printed with the flat pattern of the desired sleeve, and channels where the 

actuators are desired (Fig 4-8a). A 250µm layer of silicone (Dragon skin F/X Pro, Smooth-on 

Inc.) was fabricated using an automatic film applicator (Elcometer, USA) with a modified acrylic 

platform to enable larger sheet formation. The first layer of silicone (fully cured) was placed on 

the mold base (Fig 4-8a), and then the first layer of actuators was placed in the corresponding 

grooves in the mold (Fig 4-8b). The second layer of silicone was fabricated to a thickness of 

200um, allowed to cure, and then a 50µm layer of uncured pre-polymer was coated on top using 

the automatic film applicator. This was placed, uncured polymer facing down on top of the first 

layer of actuators (Fig 4-8c). The second layer of actuators was then arranged on top of this layer 

and a third layer of silicone with a coating of uncured pre-polymer (fabricated as described for 

layer 2) was placed on top of this assembly. The mold top was placed on this layer and the 

assembly was clamped and placed in the oven at 60°C for two hours. The process allowed 

selective welding between the silicone layers at the points that were compressed together by the 

mold in between the actuators. The 2D formation meant that the sleeve was adjustable on the 

heart, accommodating for different heart sizes and anatomies.  
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Figure 4-8: Silicone laminating process. A) Layer 1 is placed on mold. B) The first layer of actuators is placed in 

corresponding grooves. C) Layer 2 of silicone (coated with uncured pre-polymer) is placed on top of the 

assembly. D) This is repeated for the second layer of actuators E) The top of the mold is positioned and F) 

assembly is clamped and cured at 60°C for 1 hour.  

4.3.6 Comparison of silicone vs TPU actuators 

To compare the performance of silicone and TPU actuators I conducted four tests. The maximum 

pressurization of the silicone actuators was 83kPa, and the TPU actuator pressure was 144kPa. 

The first test was measurement of maximum contraction, using image analysis (Image J) of 

screenshots from videos taken during stepwise pressurization of each actuator. The second test 

was to measure linear force generation at maximum pressurization. Samples were mounted in a 

mechanical tester (Instron 5566), and actuated cyclically to the maximum pressure at a rate of 

1Hz with a 200ms actuation period. A peak detection algorithm was used to find the first ten 

peaks, and these were averaged for all samples to get the maximum force. The third test measured 

the reduction in cross-sectional area of silicone discs representing cross-sections of the heart at 

the apex, middle and base (Figure 4-9). Areas were calculated using Image Analysis (Image J)84. 
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Figure 4-9: Testing of reduction of cross sectional area. A) Diameter measurements were taken on an ex vivo 

porcine heart at the level of the base, middle and apex. B) Acrylic molds we laser cut to corresponding 

diameters, and silicone discs were cast (Ecoflex 00-30, Smooth-On, Inc.). C) A video of cyclical actuation (1Hz, 

200ms period) to maximum pressures was taken. D) Image J was used to threshold the area of the disc and 

calculates the area at 0kPa and at maximum pressurization. 

Finally the fourth test measured the force generated by a ring made up of two actuators mounted 

onto a clamshell test fixture (Figure 4-10). This is representative of the circumferential actuators 

in the device. Testing was carried out as described for the linear force generation, except a fixture 

was mounted in the upper and lower clamps, and the ring actuator was positioned around the 

appropriate groove in the fixture before cyclical actuation (Figure 4-10).  

 

Figure 4-10: Test set-up for measuring force generation from ring actuator (made up of two individual 

actuators). A clamshell fixture was 3-D printed and mounted in the clamps of the mechanical tester. The 

actuators were placed in the appropriate groove and cyclically actuated while the force was measured. 
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4.3.7 Fixation on the heart 

For both designs, a suction device (Starfish ® heart positioner, Medtronic) is incorporated into 

the device via a laser-cut acrylic ring, through which the airlines from the helical actuators are 

placed with a clearance fit. The ring is fixed around the base of the starfish, so that there is an 

inbuilt suction cup on the device for fixation, stabilization and transmission of torsion at the apex 

of the heart. However, fixation to the base of the heart can be challenging. We tested four 

methods of adhesion to the heart; a custom-made suction strip using multiple suction cups, a grip 

layer (3M) attached to a silicone strip, silicone with small holes (formed by a 2mm biopsy punch) 

in combination with cyano-acrylate and finally medical mesh (Fix-pro, Bandages Plus) with 

cyano-acrylate adhesive. A freshly explanted heart was mounted into a custom-made test fixture, 

and fixed in the lower clamp of a mechanical tester (Instron 5566). Each adhesion method was 

attached to the base of the heart in turn, and then attached to pull-wires mounted in the upper 

crosshead (1m gauge length) using binder clips. The strips were pulled off at 100mm/min and the 

maximum force was recorded for each group (n=3 strips). 

                                      

Figure 4-11: Adhesion test set-up. A freshly explanted heart was mounted in a custom-made test fixture, and 

fixed in the lower clamps of a mechanical tester. Fixation options were attached to the base of the heart, and 

connected to pull-wires by binder clips attached to a thicker rim of silicone on the strip. The strips were pulled 

off and maximum force was recorded. 
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4.3.8 Control Box 

A custom software interface was developed (Labview, National Instruments), allowing 

simultaneous data acquisition and device control (200Hz) with an X-Series DAQ card (National 

Instruments). Clinical parameters (ECG, pressures, and flow) are read from clinical monitoring 

equipment and raw analogue input signals are converted into engineering units (e.g. l/min, 

mmHg) and visually displayed in waveform charts on the user-interface. Data is logged allowing 

post-processing analysis of device performance. Figure 4-12 shows the hardware, mounted in a 

portable case for transport to animal trials. The system currently uses wall compressed air and 

vacuum. The hardware consists of two electro-pneumatic regulators (ITV series, SMC 

Corporation) and sixteen independent solenoid valves (high-flow 3-way VQ series, SMC 

Corporation) to allow independent pressurization of each actuator. Connections to 

instrumentation are explained in Figure 4-14. The original control box is shown in the appendix.  

           

Figure 4-12: Control box and connections to laptop, DAQ, pacemaker and vital signs monitor. Interior of box 

shows regulators, DV9 connections to DAQ, sixteen independent valves and pneumatic connections to air supply 

tubes. The connection to the device is shown in the lower right. 
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4.3.9 In vitro testing 

The in vitro test set-up is explained in detail in Figure 4-13. A model was cast from silicone 

(Ecoflex 00-30) with a 3D printed mold.  Two versions were cast – a uni-ventricular and a bi-

ventricular model. The base of the model was sealed to an acrylic plate with a latex outflow tube. 

The set-up was instrumented with a 12mm flow probe (PS12, Transonics Inc.) on the outflow 

tube (16mm outer diameter, 14mm inner diameter latex tube) and a TS402 research console. The 

outflow tube was marked with a scale (in cm) so that volume displacement could be measured 

(the inner diameter of the tubing was 1.6cm so each cm was equal to a volume of ヾr2h=ヾ (0.8)2(1) 

= 2.011ml). The water in the model was dyed with food dye for visualization.  

 

Figure 4-13: The in vitro test set-up.  A silicone model was mounted onto a test rig, with a latex outflow tube 

marked with gradations to measure volumetric output. The model was instrumented with a pressure transducer 

connected to a line leading to the inside of the ventricle. An ultrasonic flow probe was placed on the outflow 

tube. The model can be exchanged for a unit-ventricular or bi-ventricular model with 1 or 2 outflow tubes 

respectively.  The model was filled with dyed water for visualization. 

4.3.10 Ex vivo testing 

Ex vivo testing was carried out on freshly explanted hearts, allowing evaluation of device 

performance on tissue, where fixation and positioning factored into device performance. Freshly 

explanted hearts (<3 hours after explant) were used. The aorta and pulmonary trunk were attached 

to tubing and physiological pre-load and after-load pressure were applied to the heart using water 
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columns of appropriate heights. The heart was instrumented with an ultrasonic flow probe on the 

aorta (Transonics Inc.) and an interventricular pressure gauge (26G catheter) in the left ventricle 

(Figure A2-4). The device was fixed on the heart and actuated. An increase in interventricular 

pressure of up to 40mmHg was achieved by actuating the device at an actuator pressure of 10psi 

with Design 1. The effect of increasing actuation pressure (5-10psi) and using different control 

schemes (Figure A2-4) were assessed.  

4.3.11 Testing on euthanized animals 

Female Yorkshire swine were used. Animals were heparinized (300 iu/kg IV) after completion of 

an unrelated in vivo experiment. Immediately post-sacrifice (with Fatal Plus at 100mg/kg), the 

chest was opened via a sternotomy, and the device was fixed on the heart, and actuated.  The 

animal was mechanically ventilated so that lung inflation and deflation would be representative. 

Flow in the aorta was recorded with an ultrasonic flow probe (P16 or PS20,  Transonics®).  

4.3.12 In Vivo Testing 

In vivo testing is described in more detail in Appendix Three. Briefly, the animal was 

anesthetized and mechanically ventilated. The chest was opened using a sternotomy, and the 

pericardium was opened. The animal was instrumented with pressure gauges (femoral, central, 

left atrium and pulmonary artery), and an ultrasonic flow probe (PS 16/20, Transonics Inc.) was 

placed on the aorta and pulmonary trunk. Baseline data (ECG, pressure and flow) was recorded 

for 5 minutes. To demonstrate cardiac assist, the device (Design 2) was then fixed on the heart 

(using an inner textile layer and adhesive) after establishing stable cardiac output and actuated. 

The heart was paced (Medtronic 5342) with epicardial leads, and the pacemaker signal was used 

to trigger the device simultaneously. By using a dual-chamber pacemaker (atrial leads on the 

heart, and ventricular leads on the device), the delay between the pacing signal and device 

triggering could be manually fine-tuned by a dial on the pacemaker by the surgeon. The actuation 

parameters were device pressurization of 144kPa for a 200ms period at approximately 100bpm. 
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All actuators were pressurized simultaneously. The OR set-up is depicted in Figure 4-14. 

 

 

Figure 4-14: Animal trial instrumentation and interconnectivity between instrumentation. The animal was 

instrumented with pressure catheters, ECG leads and flow probes. ECG, blood pressure and flow data 

wereacquired by the DAQ through DV9 connections to the Surgivet advisor monitor and the Transonics Flow 

meter. A pacemaker was used to pace the heart and trigger the device. The user interface allowed the user to 

control pressure and timing via the DAQ. The control box contained valves and regulators and pneumatic 

connections to supply device actuators. 

4.3.13 Data analysis 

Logged text files were imported into Labchart Pro (AD Instruments) and comments were added 

to the scope view based on detailed notes taken during the trial. 10 representative cycles for each 

condition were analyzed. The value for cardiac output was calculated by averaging the 

aortic/pulmonary flow at 5 millisecond intervals for ten consecutive representative cycles. 

Standard deviations are cycle to cycle variations. The value for cardiac output was calculated by 

averaging the aortic flow at 5 millisecond intervals for ten consecutive samples. 

 

 

 55 



4.4 Results 

 

4.4.1 Realization of a ventricular assist device using soft robotic techniques.  

Here I present two design variations, both using silicone elastomeric matrices. Design 1 is a 

continuation of work from Chapter Three on a three-dimensional structure designed to replicate 

ventricular twist 75 and is designed as a temporary support for patients with cardiac asystole . 

Design 2 is designed for both temporary support and more long-term support for heart failure 

patients, and was conceived after initial in vivo testing revealed that a more lightweight, 

conformable and adjustable device may be beneficial. Fabrication processes are detailed in 

Appendix 2. Briefly, design 1 (Figure 4-15a) employs PAMs made from silicone internal 

bladders that are embedded in a silicone matrix using a multi-step molding process. The resulting 

design is a three-dimensional cup shaped device with two active layers (8mm thick). Design 2 

(Figure 4-15b) is fabricated by a two dimensional laminate. The resulting design is a thin (700たm 

thick between actuators) flat silicone structure that can be wrapped around the heart and fixed 

using connectors, allowing adjustability and controllable pre-tensioning on the heart. Tension and 

force application to the heart can be measured by a custom designed flexible sensing sleeve 

containing an array of barometric sensors positioned in a pattern corresponding to the PAMs that 

can be positioned between the heart and the device (Appendix 2)85.  
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Figure 4-15: Two designs (for different clinical applications) and two fabrication methods for the DCC device. 

Design 1 was fabricated by a silicone casting process (shown on the left) and results in a bilayer cup-shaped 

device which can be used for patients with acute cardiac asystole. Three layers are shown – a circumferential 

layer, a helical layer and a combined device with both circumferential and helical. Design 2 is for longer term 

use for heart failure patients, and is fabricated by a laminating process (shown on the left) guided by a 3D 

printed alignment fixture. It results in a monolayer flat device. The device is shown from both sides in the 

middle of the panel – demonstrating the helical and circumferential actuators. It can be wrapped around the 

heart and adjusted in place. The device is shown from the top and the side when wrapped from a flat pattern 

into a three-dimensional cup shape.   

 

4.4.2 Characterization of actuators for Design 1 

Results for the characterization of silicone PAMS (isometric force, constant pressure testing and 

dynamic testing for different actuator stiffness and different braid angle) are described here. The 

low stiffness elastomer (Ecoflex 00-30) with a braid angle of 28.6 degrees was used in Design 1.  
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Figure 4-16: A) Isometric force testing for different stiffness elastomers used for PAM construction. B) Dynamic 

response time when different stiffness actuators are used for PAM construction. C) Isometric force testing for 

different initial mesh braid angles. D) Dynamic response time testing for different initial mesh braid angles. E) 

Constant pressure testing when different stiffness elastomers are used for PAM construction. F) Constant 

pressure testing for different initial mesh braid angles.  

 

4.4.2.1 Threshold Pressure 

The force-pressure curves from the quasistatic isometric contraction test were used to measure the 

threshold pressure of the actuators and to examine the effects of initial braid angle and 

elastomeric material on the force output as a function of pressure. The low pressure region of the 

force-pressure curves was used to attempt to identify a threshold pressure. Since the force 

increase was detected before any pressure, no pressure threshold could be detected for any of the 
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actuators, but factoring in the accuracy of the sensor (±5kPa), the threshold pressure of the 

actuators can be said to be below 5kPa. This threshold pressure is an order of magnitude lower 

than those of McKibben air muscles tested in the literature 56,86. In addition to identifying the 

threshold pressure, the effect of the elastomeric material on force output was assessed by 

comparing the force pressure curves of two actuators that differed only in elastomeric material. 

The curves of the actuators made from low stiffness (Ecoflex 00-30) and high stiffness (Elastosil 

M4601) elastomer are shown in Fig. 4-16a.   

4.4.2.2 Isometric Contraction Test Results 

The slopes of the curves were similar between the muscles; the low stiffness actuator has a slope 

only 4% greater than the high stiffness actuator. The similarity between the curves was expected 

because deformation was prevented in this test, so almost no energy went to deforming the 

elastomer and therefore the different elasticities had little effect. The dynamic responses of the 

two actuators are compared in Fig. 4-16b. The actuator of the stiffer elastomer had a much longer 

rise time (0.28s vs. 0.05s). Based on the requirement of a rise time much less than 0.3 seconds, 

the actuator made of the softer elastomer contracted at a rate suitable for direct cardiac 

compression, but the actuator made of the stiffer elastomer did not. The force-pressure curves 

from the isometric contraction test were also used to investigate the effects of initial braid angle 

on force output. The force-pressure curves of five artificial muscles that differ in initial braid 

angle are shown in Fig. 4-16c.  

All of the actuators were made of the low stiffness elastomer. For the actuators with an increased 

initial diameter, the effect of an increased braid angle, which is decreasing force, dominated the 

effect of the increased diameter, which is increasing force. The slope of the force-pressure curve 

increased with decreasing initial braid angle, しi. All the actuators except the one with the highest 

しi were able to develop at least 10N of force at 100kPa. This is suitable for DCC because even a 

single actuator could deliver force in the desired 10-60N range at pressures of 100kPa. The 
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dynamic responses of the actuators are also compared in Fig. 4-16d. All of the actuators had a rise 

time of approximately 0.05s.  

4.4.2.3 Constant Pressure Contraction Results 

The constant pressure test results were used to assess whether the actuators produced suitable 

contraction for DCC and to evaluate the effect of elastomeric material and initial braid angle on 

contraction. The effect of different elastomeric materials was measured by testing two actuators 

that differed in elastomer stiffness. Force-displacement curves of the actuators made of the low 

stiffness (Shore 00-30) and high stiffness (Shore A-28) elastomers are shown in Fig 4-16e. 

As predicted, the force decreased monotonically as contraction increased for both actuators. Also, 

the curves exhibited low hysteresis (~1N high, and 1% wide) compared to other McKibben 

PAMs 86 possibly due to lower friction. The use of the stiffer elastomer reduced maximum force 

and contraction, but the maximum contraction was reduced much more than maximum force. 

Based on the requirement of roughly 25% contraction, the contraction of the low stiffness 

actuator appears suitable for DCC, but the contraction of the high stiffness actuator does not. The 

force displacement curves of five artificial muscles that differed in braid angle are shown in Fig. 

4-16f. All of the curves shown in the figure were taken at a pressure of 69kPa. Each of the curves 

is monotonically decreasing and roughly linear. Again, there was small hysteresis (~1N high and 

1%wide). The maximum contraction and maximum force tended to. The actuator with しi =28.6° 

was an outlier because it had a lower maximum contraction than two actuators with a higher braid 

angle. This may be explained by the difference in mesh properties besides the braid angle, namely 

the weave density. The two actuators with the lowest braid angle (しi =28.6°, しi =22.6°) had a 

higher weave density than the rest of the actuators, which had the same weave density. In all of 

the actuators, a trade-off between force and contraction is apparent. It is difficult for the actuators 

to produce both high force and high contraction at once because force decreases with increasing 

contraction. However, force can be increased by adding more actuators in parallel which might 
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enable more force to be sacrificed for contraction. The actuators with lower initial braid angles 

were able to deliver greater force and contraction, so the best design seems to be one with the 

lowest possible initial braid angle. Because radial expansion increases with decreasing initial 

braid angle and space in the pleural cavity is limited, the maximum allowable radial expansion 

was determined to define the lowest feasible initial braid angle. The final selection was a low 

stiffness elastomer and a braid angle of 22.6 degrees.  

4.4.2.4 Failure Test Results 

The first failure mode of the actuators made of the less stiff elastomer was that the air supply line 

slipped out. The line was ejected at 138kPa - 228kPa for three specimens made of the softer 

elastomer (Ecoflex 00-30). The air supply line was not ejected for the four actuators made of high 

stiffness elastomer (Wacker M4601), but the plug opposite the air supply line failed. Failure 

occurred at 270kPa, 600kPa, and 720kPa. All of these ruptures pressures are significantly higher 

than the operating pressure of 100kPa. For this reason I introduced a hybrid design where the line 

was sealed into place with a stiffer elastomer, but the body was made of a low durometer actuator. 

4.4.3 Comparison of actuators for Design 1 and Design 2 

As shown in Figure 4-17 the TPU actuators out-performed the silicone actuators in terms of linear 

contraction and force generation (Fig 4-17a,b) and circumferential area reduction and force 

generation (Fig. 4-17c,d). These actuators were incorporated into Design 2. The rationale for this 

was largely because they could withstand more pressure. 
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Figure 4-17: Comparison of silicone and TPU actuators. A) Linear contraction of both types of actuators in %. 

B) Linear force generation for both actuators at maximum pressure. C) The % area reduction of a cylindrical 

disc with a diameter approximating that of the apex. D) Force generation from a ring configuration of two 

actuators in silicone and TPU. For all tests, data are mean+SD (n-10) and  ***= p<0.0001, unpaired t-test (n=10) 

and Tukey’s post-test. 

4.4.4 Optimization of adhesion  

The adhesion testing demonstrated that the strongest adhesion to fresh heart tissue was with 

cyanoacrylate adhesive. Fig 4-18 shows an adhesion force of up to 16N for adhesive with mesh or 
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silicone at the heart/tissue interface. Cyanoacrylate was used in our in vivo trials as a temporary 

fixation method. 

 

Figure 4-18: Adhesion testing shows that use of cyanoacrylate adhesive provides best adhesion to the heart. Data 

are means + SD (n=3). 

4.4.5 In vitro testing 

To evaluate the performance of design iterations on a bench-top model in vitro designs were 

tested on a simplified synthetic cardiac model87 as described in Section 4.3.9. Figure 4-18a and b 

show results of the in vitro testing for design 1 and 2. When compressing circumferential 

actuators alone were activated, 38ml of fluid was displaced from the simulator, compared to 26ml 

for the helical twisting actuators and 50ml for both types of actuators simultaneously. The flow 

graphs (Figure 4-19c) demonstrate the same trend. For design 2 a volumetric displacement of 

68ml was achieved for the orientation where the twisting actuator layer was placed on the outside 

and a volumetric displacement of 84ml when the circumferential actuators were placed on the 

outside. This pattern is replicated in Figure 4-19d. Figure 4-20 shows that increasing the pressure 

in the actuators increases the volumetric output from the cardiac model with a linear relation 

between increased pressure and volume output.  Figure 4-21 shows the ability to have differing 

levels of assist to the left or right ventricle. Actuation of the left ventricle (LV) actuators alone 

results in more output from the left side of the cardiac model, and vice versa. 
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Figure 4-19: In vitro testing on silicone model instrumented with flow probe and pressure gauge. (A) Design 1 is 

tested with different actuation modes giving volumetric displacement of 38, 22 and 50ml for circumferential (C ) 

actuation only , twisting  (T) actuation only and both together (C+T). (B) For design 2 displacements of 68 and 

84ml are achieved when the device is positioned with the circumferential actuators inside and outside 

respectively.  Flow rates (C and D) for each condition show the same trend.  
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Figure 4-20: Testing with a biventricular model to demonstrate the effect of increasing pressure on output. 

Output increases linearly with increasing pressure.  

 

Figure 4-21: Effect of actuation left ventricle actuators alone, or right ventricle actuators alone (left and right 

are the anatomical left and right of the model).  When the left ventricle (LV) actuators are active, there is more 

output from the left side, and vice versa. 

4.4.6 Control schemes 

A custom control and monitoring system was specifically designed and built to produce 

instrumentation capable of controlling and adjusting device assistance, while simultaneously 

monitoring and recording defined physiological parameters (heart rate, pulmonary artery and 

ascending aortic pressure and flow rate).  The control system can also establish synchronization 

to the native cardiac cycle, allowing assessment of device assistance control variables to 

ventricular performance. Two example control schemes are depicted here (Figures 4-22a and b), 

but the system allows patient specific fine-tuning depending on disease condition. Actuation can 

be triggered from electrical or hemodynamic parameters of the native cardiac cycle. In Figure 4-
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21b, actuation is triggered from the peak of the QRS complex of the ECG wave and actuators are 

sequentially pressurized from the apex to the base, of the device then sequentially evacuated. The 

time between (T1-T7) can be controlled to allow optimal synchronization with the native cardiac 

cycle. In Figure 4-22b, actuation is triggered from the point of increasing flow rate in the aorta. 

Twisting actuators are first pressurized, and then circumferential actuators are sequentially 

pressurized. Times (T1-T5) can be fine-tuned from the user interface. Figure 4-23 shows that a 

delay of 25ms between actuators gives the most volumetric output in the in vitro model. 

 

Figure 4-22: Control system. A) Example actuation scheme with trigger from R peak on ECG wave, and 

sequential actuation and relaxation from apex to base. Time points T1-T6 can be input by the user by modifying 

time delays between trigger and valve opening, time between valve opening, and time which valve is open for. 

Blue PAMs indicate that they are pressurized. B) Example actuation scheme with trigger from start of increase 

of aortic flow. Twisting actuators go on first, then circumferential. Time points T1-T5 can be modified by user 

from interface. 

 66 



                            

Figure 4-23: When a delay between actuator activation from the apex to the base is implemented (represented as 

T2 and T3 in figure 4-23), the optimal output occurs when T2=T3=25ms.  

4.4.7 Ex vivo testing 

During testing with explanted hearts, increased actuation pressure resulted in larger 

interventricular pressures, and using control scheme 1 resulted in a more gradual pressure 

increase (Appendix Figure A2-4). Simulated in vivo testing was completed on euthanized animals 

(n=2) in order to assess device placement and interaction in the thoracic cavity before moving to 

pre-clinical trials. Briefly, the chest was opened via a sternotomy and the pericardium was 

opened. The device (Design 1) was placed on the heart in the animal carcass (Figure 4-24a) and 

actuated at a rate of 60 beats per minute at actuation pressures of 5 and 10psi. In a second 

experiment, design 1 was modified to allow adjustability on the heart via a corset type adjustment 

feature. When the device was activated, higher actuation pressures resulted in higher aortic flow 

rates (Figure 4-24c). Simultaneous actuation was also compared to an alternative control scheme 

(Figure 4-24d). Use of control scheme 1 (Figure 4-24e) did not result in higher aortic flows 

(Figure 4-24d) but changed the shape of the flow trace. The effect of independent actuation of the 

circumferential and twisting layers was compared to simultaneous actuation of both layers (Fig 4-

24f). Flow was highest when both actuation modes were combined (Fig 4-24g).   
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Figure 4-24: Testing on euthanized animal in animal carcass with Design 1. A) Design 1 on heart B) Modified 

design 1 (cut and made to be adjustable with corset-like design feature). C) Aortic flow when actuated at 5 and 

10psi D) Aortic flow when simultaneously actuated or actuated with control scheme 1 (E). F) Twisting (T) only, 

Circumferential (C) only and both together (C+T).  G) Aortic flow rate for twisting, circumferential and 

combined actuations, as described in F.  

4.4.8 In vivo testing 

Two demonstrations of functionality were carried out in vivo; restoration of cardiac output from 

(i) a totally arrested heart, and (ii) an acutely failing heart. A porcine pre-clinical model was used 

(female, 50-65kg).  
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4.4.9 Restoration of cardiac output in an arrested heart (Design 1 and 2).  

In two animals, the heart arrested and the device was used to re-establish cardiac function. Design 

1 and Design 2 (Fig 4-25a) were evaluated in separate animals. The trials were approximately 

four hours in duration, with at least fifteen minutes of data collected for each condition. Ten 

representative cycles from each condition were post-processed for cardiac output. Design 1 was 

successful in achieving a restoration of 48% of the healthy cardiac output (Fig 4-25b). The device 

was actuated at a pressure of 10psi for a period of 200ms per cycle.  Design 2 could achieve 95% 

restoration of cardiac output. The device was actuated at a pressure of 21psi for a period of 200ms 

per cycle. 3-4 representative cycles for healthy, cardiac asystole and restoration are shown in 

Figure 4-25c, d. Control capabilities were also demonstrated in vivo for design 1. As was shown 

ex vivo and in the euthanized animal model, the combination of twisting and circumferential 

actuation resulted in higher aortic flow rates, and thus higher cardiac output than the independent 

actuation of either circumferential or twisting elements. Additionally, we compared aortic flow 

from the left ventricle (LV) and pulmonary flow from the right ventricle (RV) while actuating the 

left side of the device only (Fig 4-25f), or the right side only (Appendix Fig A2-5). The figures 

show that if the left side only is actuated, the aortic flow is greater than the pulmonary artery 

flow, and the cardiac output from the left ventricle is higher than that from the right, and the 

opposite is true when the right side only is actuated. This shows the promise the device has for 

univentricular as well as biventricular circulatory support, demonstrating that assistance can be 

customized to a specific patient’s pathology.  
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Figure 4-25: Demonstration of circulatory enhancement for cardiac arrest. A) Design 1 and 2 in vivo and 

echocardiograph of device off and flow with device on. B) Aortic flow (3-4 representative cycles are shown) and 

cardiac output for design 1 (Data are means of 10 cardiac cycles) +SD, ***= p<0.001 using t-test. C) Aortic flow 

(3-4 representative cycles are shown) and cardiac output for design 2 E) In vivo demonstration of control 

capabilities for actuation modes previously described  F) Aortic ( or left ventricle LV) and pulmonary (or right 

ventricle RV) flow (3 representative cycles) and cardiac output  (LV and RV) when left side of device only is 

actuated. Data are means (of 10 cardiac cycles) +SD, ***p<0.001. 
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4.4.10 Restoration of cardiac output in an acutely failing heart (Design 2).  

Cardiac assist was demonstrated in six animal studies. We induced heart failure by administering 

esmolol (up to up to 5 boluses of 500 mcg/kg over one minute and an infusion that started at 

100mcg/kg/minute and went up to 500mcg/kg/minute). Esmolol is a short-acting cardio-selective 

beta-blocker that can reduce contractility and decrease cardiac output in a dose-dependent fashion 

allowing a reproducible induction of heart failure in a pre-clinical model 88.  All parameters 

(ECG, pressure, flow) were recorded once the cardiac output had stabilized. Fig 4-26 b and c 

show results from two trials, including the aortic flow rate (3 representative cycles from each 

condition) and the cardiac output (average of flow data for ten consecutive cycles).  Data was 

collected for each condition for at least fifteen minutes in LabChart Pro software. Ten 

consecutive representative cycles were then analyzed for cardiac output. The cardiac output was 

reduced when acute heart failure was induced, but recovered to >95% of healthy output when 

active assist was initiated. Cardiac output was therefore improved significantly with the assist 

device. Finally Figure 4-27 shows the average values from all six trials. As is shown in the figure, 

cardiac output is restored to baseline following induction of heart failure with esmolol. 
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Figure 4-26: Demonstration of cardiac assist with Design 2 in an acute heart failure model. A) Design 2 in vivo. 

B) Aortic flow (3 representative cycles are shown for each condition) and cardiac output for each condition for 

design 1 (data are means of 10 cardiac cycles) C) Aortic flow (3 representative cycles are shown) and cardiac 

output (data are means of 10 cardiac cycles) for design 2. 

Design 2 – C only 

Design 2 
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Figure 4-27: Summary of data from n=6 trials.  

4.5 Discussion  

In Chapter Four, I introduce an implantable soft robotic device and demonstrate in vivo recovery 

of cardiac output from a completely arrested heart, and a failing heart. This is the first time that 

pneumatic artificial muscles and such soft robotics techniques have been used for an implantable 

cardiac assist device, and that twisting and compression have been applied to the heart 

simultaneously. This is an innovative use for soft robotics as a smart implantable device where 

the material properties of the implantable devices are within the range of the biological tissues, 

something that is not possible with rigid robotic components. One of the main advantages of the 

proposed design for cardiac compression is the ability to implement timing schemes to optimize 

the actuation sequence. To our knowledge, a soft robotic modular cardiac compression device 

that augments twist and compression with independent timing sequences has not been previously 

reported. The in vivo results are promising, and demonstrate that augmentation of cardiac 

function is possible without contacting blood. If such a device can be translated to the clinic and 

obviate the need for anticoagulation therapy, it could have significant positive effects on the cost 

and efficacy of heart failure therapy. Currently warfarin requires monitoring of clotting tendency 
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[for example, the international normalized ratio (INR)], and can suffer from lack of patient 

compliance. Newer oral anticoagulants require less monitoring but have similar levels of adverse 

events, stroke bleeding and mortality and are expensive. The technology is potentially safer as it 

can be turned off without harming the patients, unlike currently approved VADs. One of the 

advantages of this technology over existing devices is the modularity of the device, and the ability 

to independently control portions of the device so as to customize the assistance to the need of the 

patient. This is the first reported device that can assist with compression, twisting and offer 

univentricular or biventricular assistance.  Although external cardiac assist devices have been 

explored previously, they have imposed non-physiological motions that have failed to mimic the 

natural motion of the heart. Most of these devices invert the normal curvature of the heart, and 

ignore diastolic assistance. Also, with a few exceptions, most of the previously described devices 

don’t assist with the twisting motion of the heart. These devices are briefly described here. One 

reported device designed to twist the heart is made with contractile bands 89 but has not been used 

pre-clinically or clinically, a second is  a device that uses  reports a 12% increase in ejection 

fraction in a benchtop model 90 and third is an apical torsion device that twists without 

compressing the ventricles, but is reported to achieve a 17% increase in stroke volume in vivo 
91.    

By restoration of physiological cardiac motion, the device could be suitable for cardiac 

rehabilitation. If we can restore natural motion with the present technology, the long-term vision 

is that the device could be used to maintain the heart until it repairs itself, at which stage the 

assistance could be decreased or removed without harming the patient. The disease of chronic 

heart failure can be characterized by aberrant motion, and remodeling of the failing heart. Growth 

and repair processes of the heart are guided by mechanical stimuli 92,93. This occurs due to 

changes in stresses and strains that are sensed by cells that then alter their biochemical activity 

and activate neurohormonal compensatory mechanisms to maintain homeostasis, which can alter 

the structure and function of the heart.  This remodeling can result in increased ventricle size with 
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dilated, thinned walls.  Passive restraint devices, or strategies to reduce ventricular size or 

increase wall thickness have been shown to reverse remodeling. The proposed device combines 

the features of a passive restraint device in addition to active assist that can provide short-term 

maintenance or restoration of cardiac output. The proposed approach thus provides a versatile 

platform to manipulate the mechanical environment of the heart to target rehabilitation or 

recovery of the heart, allowing the researcher or surgeon to have flexibility in the treatment 

strategy. Given that there are over 400,000 patients with NYHA Class IV heart failure, who are 

often refractory to medical therapy, and only about 2100 donor hearts available annually 94, there 

is a significant need for improved treatments to extend patients’ lives. From an economic, 

medical and societal point of view, a therapy that targets and advances the path to cardiac 

functional recovery would be an important development.  

In order to advance this device along the translational path several acute and chronic studies are 

warranted to assess safety and efficacy. The actuation and control hardware could be miniaturized 

so that a portable pump is used, and the entire system could be powered by battery and worn by 

the patient on a belt. Further research could go into optimal timing scheme, and using smart 

actuators (for example with soft valves) to match the actuation of the native heart). Silicone 

would be replaced by similar medical grade materials, although silicone has been reported as a 

suitable biomaterial for myocardial tolerance to this type of device 95. Fitting the device on the 

heart has been a challenge as placing the device on the heart too tightly can limit filling, but too 

loosely can decrease function. Fixation can also be a challenge. A bioadhesive or biointegrating 

layer would be desirable for fixation at the device/heart interface so that device is fixed to 

multiple points on the surface of the heart, and can assist with diastolic function as well as 

systolic. The proposed device could eventually be delivered through a catheter via a mini-

thoracotomy. Finally, through incorporation of reservoirs, sustained delivery of cardiac therapy 
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such as small molecules, proteins or cellular products could be performed to promote 

regeneration, or for on-demand anti-arrhythmic agents. 

In conclusion, I describe a soft robotic biomimetic cardiac assist device that does not contact 

blood and can (i) compress and twist the heart simultaneously (ii) provide univentricular or 

biventricular support (iii) assist with systolic function without restricting diastolic filling, with 

potential for assisting diastolic function (iv) provide circulatory support to the arrested heart and 

(v) augment cardiac function in an acute heart failure model. 
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5 A review of cardiac cell therapy and biomaterial strategies for 

cardiac repair 

5.1 Preface  

Here I review current clinical and research trials in cardiac cell therapy and the use of 

biomaterials as therapeutic strategies for post-infarct injury or for chronic cardiac ischemia. 

Cellular therapy can be cardioprotective; to protect heart muscle tissue after an acute myocardial 

infarction (MI), or cardiorestorative; to regenerate tissue in patients with chronic ischemic heart 

failure. I review biomaterial strategies for delivering cells, and the use of acellular biomaterials to 

provide mechanical reinforcement to the myocardium. Finally, I review minimally invasive 

delivery devices for cell delivery.  

5.2 Cell Therapy 

Multiple trials have been initiated addressing the transplantation of stem cell populations for 

cardiac regeneration. An appropriate regenerative cell population selection is critical for effective 

therapy. Extensive preclinical and clinical trials have investigated a number of cell types for 

cardiac regeneration including skeletal myoblasts, mesenchymal stem cells (bone marrow derived 

and adipose derived), embryonic stem cells, and cardiac stem cells. Although most cell types 

have produced promising results in vitro and in preclinical studies 96–107, and have been shown to 

be safe in clinical trials, cardiac stem cells, or cardiopoietic stem cells have shown the most 

promise in terms of efficacy. Thus, the trend is towards delivery of cells derived from the heart, 

or lineage-specified for optimal therapy for the diseased tissue. The trials are summarized in the 

figure below, and trials for each cell-type are described in the following sections. 
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Figure 5-1: Clinical trials in cell therapy: This figure shows the range and progression of  cardiac cell therapy 

trials, with cell type underneath (graphically represented above) and depicts the trend of moving from 

unselected cell populations and different cell types towards cardiopoietic and cardiac stem cells. 

5.2.1 Bone marrow derived stem cells – heterogeneous populations (BMMNCs) 

Bone marrow aspirate or lineage-unselected bone marrow derived mononuclear cells (BMMNCs) 

have been used for a significant number of preliminary clinical studies. These studies have 

consistently demonstrated the safety and feasibility of BMMNC administration, encouraging 

further investigation, but clinical benefits to date have not been convincing.  Orlic et al. 

demonstrated that intramyocardial injection of BMMNCs improved cardiac contractility and 

resulted in the formation of new cardiac tissue in a mouse model of MI 96,97. Kudo et al. reported 

that BMMNCs could reduce infarct size and fibrosis, and differentiate into cardiomyocytes and 

endothelial cells 98. However more recent research showed that these cells likely do not 

differentiate into cardiomyocytes 108. Clinical trials such as TOPCARE-AMI 109, REPAIR-AMI 

110, BOOST 111,112 and FINCELL 113 have shown increases in left ventricular ejection fraction 

(LVEF) in cell treated patients compared to controls at time points up to 18 months. Long-term 

(5-year) benefits were demonstrated in the TOPCARE-AMI trial 114 but not in the BOOST trial 
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115. In contrast, the ASTAMI 116, BONAMI 117, Leuven-AMI 118, HEBE 119 trials showed no 

significant increase in left ventricular ejection fraction over the control group. A Phase 1 trial 

(NCT00114452) 120 with prochymal allogeneic stem cells (Osiris Therapeutics Inc.) showed an 

increase in LVEF at 6 months after allogeneic BMMNC transplantation, but no improvement in 

patient physical performance, as measured by the six minute walk test, highlighting the need for a 

consensus on standardized accepted metrics for cardiac cell therapy efficacy. Trials carried out by 

the Cardiovascular Cell Therapy Research Network (CCTRN) indicated no clinical benefit of 

BMMNCs in acute myocardial infarction (AMI), where they looked at timing of post-AMI 

intracoronary administration in the TIME 121  and LateTIME  122  trials. Numerous multicentre 

studies are ongoing to investigate autologous bone marrow cell therapy including REVITALIZE 

(NCT00874354), REGEN-AMI (NCT00765453), REPAIR-ACS (NCT00711542), SWISS-AMI 

(NCT00355186) and BAMI (NCT01569178). Similarly, no clinical benefit was noted in a trial 

investigating transendocardial delivery of BMMNCs for heart failure (FOCUS-CCTRN) 123, 

although TOPCARE-CHD 124 showed a 2.9% increase in LVEF over base-line at 3 months. The 

overall negative results of these trials have encouraged exploration of other cell types or “next-

generation” cell therapy, where cells are subjected to screening assays to predict regenerative 

potential before cell transplantation 125, or cells are modified or delivered concomitantly with 

drugs, as will be discussed in subsequent sections. The prevailing concept of BMMNC efficiency 

is explained by the paracrine hypothesis, where soluble factors (chemokines, growth factors etc.) 

are secreted by transplanted cells, especially in hypoxic enviroments, and encourage cardiac 

repair126. This hypothesis has been supported experimentally through demonstration that 

conditioned media can somewhat replicate effects of stem cell therapy 127. Potential mechanisms 

include an increase in angiogenesis, protection of endogenous cells, attuning the inflammatory 

processes and encouraging cell-cycle re-entry128.  
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5.2.2 Purified stem cell populations: MSCs and EPCs 

More recently, bone marrow aspirate has been purified by phenotypic features into two 

multipotent cell populations; human mesenchymal stem cells (hMSCs) and endothelial progenitor 

cells (EPCs). Purified sub-populations were demonstrated to show higher engraftment, and can 

induce endogenous cardiomyogenesis 129. BMMNCs have been delivered via intracoronary 

injections for the treatment of acute MI, but these purified subpopulations can be used for the 

treatment of chronic ischemia and refractory angina. Clinical trials have been initiated for both 

subpopulations. The POSEIDON trial compared autologous and allogeneic hMSC transplantation 

in patients with ischemic cardiomyopathy at different doses, and showed that allogeneic cells did 

not elicit donor-specific immune reactions, and that both groups favorably affect patient 

functional capacity and ventricular remodeling, although they did not increase ejection fraction 

130. The TAC-HFT trial compared BMMNCs and hMSCs for heart failure, and reported that both 

were safe, with a trend towards reverse remodeling and regional contractility. Adipose tissue is 

also being used as a source for hMSCs. When adipose stem cells and bone marrow stem cells 

were compared in a porcine MI model, they both showed similar improvements in cardiac 

function and increased capillaries in the infarct 131. In a study by Zhang et al 107, adipose derived 

stem cells (ADSCs) transplanted into the myocardial scar tissue formed cardiac-like structures, 

induced angiogenesis and improved cardiac function. The APOLLO trial (NCT00442806) 

investigated transplanting fresh adipose derived MSCs to ST-elevated MI patients, and showed 

positive trends towards cardiac function, perfusion and neovasculogenesis (generally attributed to 

EPCs) 132. The PRECISE Trial (NCT00426868) looked at delivering adipose derived MSCs to 

patients with retractable angina, and noted no improvement in ejection fraction, but an increase in 

patient symptoms and exercise tolerance 133. ANGEL is a Phase I trial that has completed 

enrolment for BioHearts Adipocell® therapy. Two phase II studies have been initiated for 

adipose derived stem cells using intramyocardial injection; ATHENA (NCT01556022) for 

chronic myocardial ischemia and MyStromal Cell (NCT01449032) 134 for chronic ischemic heart 
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disease and refractory angina where cells are pre-stimulated with vascular endothelial growth 

factor (VEGF). With regard to EPCs, early clinical studies have pointed to symptomatic benefits 

in patients with angina and cardiomyopathy 135–139. In the ACT-34-CMI trial 136 investigators 

assessed EPCs (or CD34+ cells) that were mobilized from bone marrow using granulocyte colony 

stimulating factor (G-CSF) for improving myocardial perfusion. The frequency of angina was 

significantly reduced compared to the control with the low-dose but not high-dose arms.  

5.2.3 Skeletal myoblasts 

Beginning almost 20 years ago, animal studies demonstrated that skeletal satellite cells or skeletal 

myoblasts showed promise in their ability to differentiate into myotubes or new myocardium and 

improve cardiac function post-infarction 140–147. Skeletal myoblasts were transplanted from the 

skeletal muscle of a patient, purified, expanded and implanted into the heart 148. The MAGIC trial 

revealed attenuation in LV remodeling, but no improvements in cardiac function, and was 

ultimately terminated due to increased risk of ventricular arrhythmias 149. The failure to improve 

myocardial function may be attributed to the inability of skeletal myoblasts to differentiate into 

cardiac myocytes 150 or integrate electrically with the syncytium of the myocardium 150,151. Muscle 

derived stem cells 152 or cardiogenic muscle derived cell populations 153 may hold promise. 

MyoCELL® is a skeletal muscle myoblast cell therapy developed by BIOHEART 154 and is in 

Phase II/III trials in the US (MARVEL NCT00526253) in conjunction with the MyoCATH and 

MyoSTAR delivery catheters. Phase I trials and Phase II trials in Europe showed mixed results 

regarding increase in left ventricular ejection and clinical benefit 155–158.  

5.2.4 Cardiac stem cells 

Cardiac stem cells or CSCs are stem cells specific and resident to the heart. They are clonogenic, 

multipotent, self-renewing and can differentiate into three lineages; cardiomyocytes, endothelial 

cells and vascular smooth muscle cells. They express three cell-surface markers; MDR-1 (multi-

drug resistant protein), C-kit (the receptor for stem cell factor), and/or Sca-1 (Stem cell antigen 
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1). Three methods for isolation of human cardiac stem cells have been described  (i) 

homogenizing large pieces of cardiac tissue and selecting CSCs using antibodies (usually limited 

to patients that undergo cardiac interventions such as bypass or transplant)159 (ii) culturing a 

single biopsy and selecting CSCs with antibodies as a subpopulation 160 (iii) CSCs form 

cardiospheres and can be selected by exploiting this property without the use of antibodies 161. 

CSCs reside in stem cells niches similar to those of highly regenerating tissues in the post-natal 

senescent heart, and can undergo symmetric or asymmetric division, giving rise to more CSCs or 

committed cells. When the heart tissue is injured, diseased or aged, resident stem cell niches can 

also be affected, so the capacity of the heart to self-heal is affected 162,163. C-kit+ progenitor cells 

are a candidate for cell therapy and can be found in multiple species, and are reported to be both 

essential and adequate for myocardial repair, without ruling out participation of other cell types 

164 .C-kit+ cells have all the aforementioned properties of cardiac stem cells, and were the first 

cardiac-specific stem cell to be approved for a Phase 1 clinical trial SCIPIO (NCT00474461) 165. 

In the SCIPIO trial c-kit+ cells were isolated from a biopsy from the right atrial appendage taken 

during bypass surgery and 1 million cells were delivered (mean of 115 days after MI) via 

intracoronary injection to the infarction. Investigators reported significant increases in LVEF and 

decreases in scar size of >30% 165,166. However, this is an area of significant controversy in the 

literature, and caution must be exercised with regards to the reported cardiogenic potential of 

these cells. Recent work has reported that c-kit+ cells can only generate cardiomyocytes at a 

functionally insignificant level (<0.03%), and that injection into diseased heart is unlikely to be 

responsible for new cardiomyocytes 167. Other work points towards  the concept that c-kit+ 

precursors can generate cardiomyocytes in the neonatal heart, but not the adult heart 168 or that in 

the neonatal heart they are responsible for myocardial regeneration and vasculogenesis, but in the 

adult heart they are only involved in vasculogenesis 169, potentially explaining the reported 

clinical effects. Another Phase 1 trial, CADUCEUS 170 examined the benefit of CSCs for heart 

regeneration after myocardial infarction. C-kit+ cells were harvested by an endomyocardial 
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biopsy, and explants were cultured to form cardiospheres 161,171. Selected cardiospheres were 

infused into the culprit arteries at 6 weeks to 3 months after MI (1.25-2.5x107 cells). Scar size and 

left ventricular volumes benefitted from CSC therapy, but LVEF was not significantly increased. 

Follow-up studies have been initiated, and include RECONSTRUCT (NCT01496209) and 

ALLSTAR (NCT01458405) for autologous and allogeneic CSCs, respectively.  

5.2.5 Cardiopoietic stem cells 

Directing the lineage of stem-cell populations towards specific organs is promising, as cells can 

be obtained from more abundant sources than the target organ itself.  Additionally, risks 

associated with biopsy of organs and issues with poor cell yields can be eliminated. Directing 

lineage towards specific organs was originally described for pluripotent embryonic stem cells 172–

174, but can also be applied to adult stem cell populations, including human MSCs. When exposed 

to certain growth factors to upregulate cardiogenic potential, the cells are directed down the 

cardiopoietic lineage 125,175. The C-CURE trial investigates delivery of cardiopoietic 

mesenchymal stem cells to ischemic cardiomyopathy patients. The trial demonstrated efficacy 

and safety of the approach – with an increase in LVEF of 7% and positive effects on 

hemodynamics and exercise tolerance 176. Phase III trials CHART-I and CHART-II are starting in 

Europe and the US. These studies further underline the trend towards pre-conditioning cells with 

growth factors and even a hybrid approach where cells are delivered with growth factors or drugs, 

as discussed in the following section.   

5.3 Cell-free approaches 

Cell-based strategies for cardiac repair involve delivering cells with potential for repair or 

regeneration to ischemic or damaged areas of the heart. Despite the initial expectation regarding 

the cardiogenic potential of transplanted cells, in most studies the number of delivered cells that 

actually differentiate into cardiomyocytes is not large enough to account for observed clinical 

benefits, primarily due to low engraftment. The paracrine hypothesis may explain this, whereby 
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released soluble factors from transplanted cells aid in regeneration 126,177. There are a number of 

proposed mechanisms for such paracrine effects including increased angiogenesis, control of 

inflammatory responses, promotion of cardiac cell cycle re-entry and recruitment of endogenous 

stem cells, suggesting that paracrine targeting of endogenous cells may underlie many of the 

effects of cell therapy 128. Similarly, delivery of cells has also been shown to produce mechanical 

reinforcement to the infarct scar area 178. The field has undergone a paradigm shift, and 

investigators are renouncing the notion that therapy must be fixated solely around cells. Instead 

strategies such as acellular materials-based approaches to produce mechanical reinforcement and 

tissue bulking in the myocardial scar and endogenous cell targeting through bioactive molecule 

delivery are subjects of extensive research to complement cell-therapy or to stand alone as cell-

free therapy. Acellular strategies to cardiac repair have inherent advantages in that the lack of a 

required cell source could aid clinical translation.  

5.3.1 Acellular material-based scaffolds  

Materials-based approaches target the important mechanical changes that occur post myocardial 

infarction (or in chronic heart failure) resulting in ECM breakdown, geometric changes, LV 

dilation, stretched cardiomyocytes that can’t contract, a growing borderzone and a spherical, 

thinning left ventricular wall 179–181. Surgical ventricular restoration 182 (SVR), endoventricular 

circular patch plasty technique (Dor Procedure) 183, partial ventriculectiomy (Batista procedure) 

184 and passive restraint devices such as the Acorn CorCapTM device 16,185, the Paracor Medical 

HeartNet restraint device 18, and the Myocor® coapsys device 25 all share the primary goal of 

reducing ventricular wall stress, and restoring left ventricular geometry. According to LaPlace’s 

law T=P.R/t, where T, in this instance, is tension in the myocardial wall and varies proportionally 

to P (intraventricular pressure) and R (radius of curvature) and is inversely proportionally to t 

(myocardial wall thickness). By thickening the wall with a reinforcing material, stress can be 

decreased in the wall, especially around the infarct border zone 186. Acellular injectable hydrogels 
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and epicardial patches can be used to provide this tissue bulking wall reinforcement. If 

engineered to have specific biomechanical properties, this acellular material can promote the 

endogenous capacity of the infarcted myocardium to attenuate remodeling and improve heart 

function following myocardial infarction 187. The elastic modulus can be tailored to match that of 

healthy myocardium or can be manufactured to have a higher elastic modulus to enhance tissue 

reinforcement 188, and numerical based simulations are valuable in predicting the response 186. An 

optimal biomaterial should be able to balance the high forces that occur at the end of contraction 

in order to prevent or reverse maladaptive modelling 188. The scaffold should be able to transfer 

the stress from the infarcted myocardium and border zone, and if the scaffold is biodegradable, 

cellular infiltration, vascularization and formation of tissue should be sufficient to transfer the 

stress from the scaffold to the new myocardium before degradation. Injectable biomaterials used 

for acellular tissue reinforcement in animal models include fibrin 189,190, alginate 191–194, collagen 

195, chitosan 196,197, hyaluronic acid 188,198, matrigel 199,200, poly ethylene glycol (PEG)- based 

materials 201–203,  acrylamides 204,205 and composites 206 of these materials. Both small animal 

studies 191,193 and large animal models 192,206–208 have demonstrated benefit of this tissue bulking 

effect. For example, a biodegradable, thermoresponsive hydrogel for bulking of the ventricular 

wall based on copolymerization of N-isopropylacrylamide (NIPAAm), acrylic acid (AAc) and 

hydroxyethyl methacrylate-poly(trimethylene carbonate) (HEMAPTMC) was designed and 

characterized, and demonstrated an increase in wall thickness and capillary density, and ingrowth 

of contractile smooth muscle cells, thus offering a potential attractive biomaterial therapeutic 

strategy for ischemic cardiomyopathy 204.  

In addition to injectable materials, patches can be placed epicardially in order to provide wall 

thickening and reinforcement. Elastic patches such as polyester urethane urea (PEUU) have 

demonstrated an ability to produce an increase in fractional area change, and an attenuation of 

ventricular dilation in a rat MI model 209. Engineered scaffolds or patches, such as a recently 
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reported type 1 compressed collagen patch 187 can provide mechanical support to infarcted tissue, 

reducing dilation and fibrosis, increasing wall thickness and also increasing angiogenesis at the 

infarct zone and in the patch and border zone. This can lead to increased oxygen delivery and 

reduction in ischemic tissue, and generation of new cardiomyocytes 187. Clinically, an injectable 

hydrogel called Algisyl-LVRTM (LoneStar Heart, Inc, CA) has been used in a recently initiated 

Phase II trial AUGMENT-HF (NCT01311791). Circumferential intramyocardial injections of the 

alginate hydrogel remain in the heart (at the mid-ventricular level) as a permanent implant with 

the goal of increasing wall thickness, reducing wall stress and restoring ventricular geometry. 

Pre-clinical studies and a pilot study 210 show that the device has promise for decreasing 

ventricular volumes, increasing ejection fraction and wall thickness and decreasing myofiber 

stress at six months 210. The AUGMENT-HF trial will evaluate safety and efficacy of Algisyl-

LVRTM as a method of left ventricular augmentation in patients with dilated cardiomyopathy, 

with a primary efficacy endpoint of change in peak VO2 (maximum oxygen uptake) from baseline 

to six months. This trial should provide some insight into the clinical benefits of the therapy. 

Another injectable alginate implant that has moved to clinical study is Bioabsorbable Cardiac 

Matrix (BCM), also known as IK-5001. After encouraging animal studies 191, recruitment is 

ongoing for PRESERVATION I (NCT01226563); a trial which investigates an in situ forming 

version of this hydrogel. An aqueous combination of sodium alginate and calcium gluconate is 

delivered in a bolus intracoronary injection, and into the heart muscle to form a flexible matrix 

that supports the heart physically and eventually dissipates and is excreted through the kidneys. 

The primary efficacy outcome measurement is left ventricular end diastolic volume index 

(LVEDVI).  

5.4 Cells with biomaterial carriers 

One of the major challenges in the clinical translation of cell therapy is delivering and retaining 

viable cells in the heart tissue. The development of cell therapy as a feasible therapeutic option is 
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dependent on methods to enable viable cells to reside in infarcted tissue and exert therapeutic 

effects for extended periods. In cell therapy, isolated cell suspensions in saline are usually 

administered systemically via intravenous infusion or directly injected into the injured heart via 

the myocardium, or perfused into the coronary arteries or veins. The cell therapy clinical trials 

discussed in previous sections have primarily utilized such simple cell delivery strategies. Saline 

solutions don’t have the capacity to localize and retain cells at the target site, and do little to cater 

for the unique requirements of living cells with regard to providing biological cues to influence 

cell viability, behavior and fate 111,120. Poor cell retention is likely to be a major contributing 

factor in the failure of cell-based therapies for MI to achieve consistent and substantial efficacy to 

date 3,211. Among the possible mechanisms underlying the phenomenon of poor retention are 

exposure of cells to ischemia and inflammation, mechanical washout of cells from the beating 

heart, flushing by the coronary vessels, leakage of cells from the injection site  and anoikic cell 

death 212–214. To address these issues there has been a significant amount of preclinical research 

into material-based cell therapy for cardiac repair. Delivered biomaterials can produce better 

spatial distribution and potentially less problems with arrhythmogenicity than simple saline 

injection techniques. A biomaterial scaffold can provide a surrogate ECM for encapsulated cells 

to enhance cellular viability and enable physical retention at the infarct site. Biomaterials can 

provide protection from noxious insults like ischemia and inflammation and reduce cell death due 

to anoikis. Cell-loaded biomaterials address the issue of mechanical dispersal of cells from the 

injection site, which is a major source of cell loss within the myocardium and several studies have 

shown that biomaterial delivery vehicles can enhance myocardial cellular retention 215–217. In 

short, biomaterials can help to deliver more cells to the target site, keep cells localized and viable, 

and enhance sustained production of beneficial paracrine factors at the target site. To date, there 

exist two major biomaterial approaches to achieving cellular delivery to the myocardium, namely 

cell-loaded injectable hydrogels which encapsulate cells and polymerize in situ in the myocardial 
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wall, or preformed cell-seeded scaffolds which are affixable to the epicardial surface 218, and both 

of these approaches will be addressed briefly here. 

5.4.1 Injectable hydrogels  

Hydrogels can typically be injected via three routes: intracoronary, epicardially or 

transendocardially. Such hydrogels have the potential to rapidly exploit advancements in catheter 

technology for minimally invasive delivery, reduced cost, shorter hospital times and potential for 

multiple spatial and temporal administrations. To ensure injectability the material and cells must 

facilitate loading into a catheter, the solution must gel quickly at the site (but avoid premature 

gelation and catheter blocking) and the gel must remain structurally sound for the course of the 

therapy (to avoid embolization), and must degrade after cell therapy without producing toxic 

byproducts. The gel should also have mechanical properties suitable for supporting the 

ventricular wall – it must be robust, and endure the fatigue cycling of the heart throughout the 

course of cell therapy. The increase in cell retention achievable can become more dramatic over 

time. For example, Liu et al. reported a 1.5-fold increase in cell retention of adipose-derived stem 

cells encapsulated in chitosan/く-glycerophospate/hydroxyl-ethyl cellulose (chitosan//く-GP/HEC), 

24 hours post administration via intramyocardial injection, compared to cells delivered in saline 

196. However, an 8-fold increase in retention was observed in hydrogel-injected animals at day 28, 

which was likely related to a greater loss of cells from saline injected hearts over this time. A 

recent study shows that injectable chitosan not only improves retention of cells over time but can 

also enhance cardiac differentiation of brown adipose derived stem cells and enhance functional 

improvements in the rat model 219. Wang et al used a g-cyclodextrin/poly(ethylene glycol)–b-

polycaprolactone-(dodecanedioic acid)-polycaprolactone–poly(ethylene glycol) (MPEG–PCL–

MPEG) hydrogel for bone marrow stem cell delivery, and showed improved retention in gel-

injected animals, correlating with improved left ejection function and attenuation of scar 

expansion and left ventricular dilation, corroborating the hypothesis that biomaterial delivery can 
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result in tangible enhancements in efficacy 220. Collagen and laminin are the main components of 

myocardial extra cellular matrix (ECM) and so can support cardiomyocyte attachment and 

elongation but the shape and dimensions of collagen and laminin biomaterial constructs have not 

yet been optimized. Future research may include designing 3-D shapes for these hydrogels, for 

example a collagen type 1 tubular scaffold has also been  investigated 221, and shape memory 

injectable gels have been developed and should be considered for cardiac cell therapy 222,223. An 

emerging technique for combining the advantages of hydrogel approaches with controllable, 

tailored tissue shape and size is bioprinting, enabling precise control over where cells are in the 

construct and the overall construct architecture to affect a particular cell fate or behavior 224.  

Table 5-1: Fold-increase in cell retention over intramyocardial saline delivery reported with various injectable 

hydrogels  

Study Hydrogel Time(s) of analysis Fold-increase in retention 
compared to saline control 

Zhang et al. 225 PEGylated Fibrin + 
HGF 

4 weeks 1.3 for unaltered gel.  
15  pro-survival HGF 
included. 

Yu et al. 226 Alginate Microspheres 24 hours 1.3 (*NS) 

Christman et al. 189 Fibrin 5 weeks ~2  

Habib et al. 227 PEG diacrylate 48 hours ~2.5 

Wang et al. 220 PEG based 4 weeks 2.5 

Martens et al. 228 Fibrin 90 minutes 1.77 

Liu et al. 196 Chitosan/く-GP/*HEC 24 hours 1.5 

4 weeks 8 

Lu et al. 197 Chitosan/く-GP/*HEC 24 hours 1.75 

4 weeks 2 

Wang et al. 219 Chitosan/く-GP/*HEC 1day  ~1.5  

1 week ~1.9 

2 weeks ~2 

4 weeks Presence of cells in 
chitosan group, none in 
control 

*HEC = Hydroxy-ethyl cellulose  *NS  - not significant 

 90 



5.4.2 Preformed porous scaffolds  

Porous or fibrous preformed scaffolds are the most common way for creating 3D constructs for 

cell delivery. In many cases, cells are grown on these constructs pre-implantation and patches are 

surgically attached to the epicardial surface. Leor et al used a 3D alginate scaffold to construct a 

bioengineered cardiac graft in a rat model of MI 229,230 and subsequently optimized it for cell 

seeding and distribution. A collagen patch was also used as a successful delivery vehicle for 

human mesenchymal stem cells and human embryonic stem cell derived-mesenchymal cells for 

cardiac repair 231,232. Cell attachment is an important consideration in such constructs and they can 

be modified with short peptides such as Arg-Gly-Asp (RGD); a peptide sequence derived from 

the fibronectin signaling delay 233–237. The selection, density and patterning of binding sequences 

depends on the cell type to be seeded on the matrix, and the natural ECM environment. Here, we 

discuss porous scaffolds as carriers for cells to improve retention, but a large volume of work has 

explored engineered heart tissue, so the reader is referred to a comprehensive review 238 for more 

detail on this. As an example, pre-conditioning of engineered heart patches by cyclical 

mechanical stretch has shown to improve morphology and contractile function of patches 199,239–

245. In a recent study electrospun poly(e-caprolactone)/gelatin nanofibers were formed into a 

nanofibrous patch to act as an improved method of cell retention (grafted MSCs resulted in 

angiogenesis and facilitated cardiac repair) 246 as well as providing mechanical support to the wall 

and acting as a ventricular restraint, as discussed in the following section. The nanofibrous PG-

cell scaffold produced improvements in cardiac function (increase in fractional shortening and 

ejection fraction, reduction in scar size and an increase in thickness in the infarcted area). 

Combinations of cell-loaded gels and patches have been explored. Soler-Botija et al. describe 

preliminary work on a fibrin loaded patch and  an engineered  bioimplant (combination of elastic 

patch, cells and peptide hydrogel (Puramatrix, Bedford,MA)) 247. Electrical stimulation combined 

with 3D cell cultivation has also been explored. Nunes et al describe the Biowire for pluripotent 

stem cell-derived cardiomyocytes, consisting of a collagen gel surrounding an electrically 
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stimulated silk suture. These biowires had a stimulation rate-dependent increase in myofibiril 

ultrastructural organization and conduction velocity 248. 

5.5 Minimally invasive therapy – catheter delivery 

It is important that deliverable therapeutic formulations reach the region of the infarcted 

myocardium where they are most required. The heart resides in the thoracic cavity and in general 

is accessed via highly invasive surgical procedures involving a thoracotomy, contributing to 

significant costs and patient morbidity. In order to facilitate localized delivery to the myocardium 

in a minimally invasive way, percutaneous catheter delivery can be employed. Percutaneous 

catheters are medical devices which generally consist of flexible, hollow tubing and an associated 

guide wire with a distal ‘active’ tip which performs an injection. The device can be passed into 

the vasculature through a small incision, advanced and manipulated via a proximal handle, until 

the tip reaches the therapeutic target.  

                        

Figure 5-2: Current access routes for cell-based therapies to the heart include transvascular delivery, 

intracoronary perfusion, epicardial delivery and endocardial delivery. An example of a device designed for each 

delivery route is depicted in this figure. 

 

Catheter delivery of cells alone, typically in a saline carrier, has been more explored than catheter 

delivery of more advanced materials such as patches or hydrogels, and will be discussed briefly 
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here. The transcatheter cardiac cell delivery field has recently been directed at improving cell 

retention. In contrast to thoracic surgical injections or patch implantations, transcatheter 

approaches are less invasive. They allow the effect of cell therapy to be evaluated independently 

of other surgical procedures, and justify multiple deliveries of cells. The following sections will 

describe existing delivery systems, their capabilities, and will suggest potential for innovation in 

areas where suitable devices are not commercially available. For a more detailed insight into 

current systems the reader is referred to two review papers on this area 249,250. Several catheter-

based access approaches have been used in humans; directly injecting cells into the ventricular 

wall (epicardial, endocardial and transvascular approaches), and infusing cells into the coronary 

arteries using existing balloon angioplasty catheters 249,250. Table 2 and Figure 5 describe a panel 

of available devices. The delivery systems differ in their access approach, but share some 

common features; a low profile core element dedicated to transport cells, which has a beveled 

needle to anchor into the myocardium, and outer components to protect the core and deliver it to 

the infarcted tissue.  

Table 5-2: Comparison of commercially available cell injection catheters by access, core needle outer diameter, 

material and shape 

Device Manufacturer/Research 

Group 

Needle shape 

Endocardial Delivery 

Helix BioCardia Helical 

MyoCath Bioheart Straight, can be deflected 

MyoCath II Bioheart Weeping 

C-Cath® Cardio3 Biosciences Curved, large-to-small side holes 

Myostar Bioheart Straight 

Stiletto  Straight 

Transvascular 

TransAccess Medtronic Curved 

Cricket/Bull-Frog Mercator Medical Straight, mounted on balloon 

Epicardial 

Cell-Fix Chachques group  Straight, attached to “sucker” fixation 

system 

Intracoronary Perfusion 

PTCA devices Multiple No needle, cells delivered through 

guide wire lumen 
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The endocardial delivery devices approach the myocardium from inside the ventricle. As for 

many interventional cardiology catheterizations, they are introduced to the arterial system 

transfemorally or transradially, guided around the aorta, and through the aortic valve in a 

retrograde fashion. Catheters are manipulated inside the ventricle by support catheters or 

steerable designs, and can rely heavily on imaging systems for accurately targeting injection sites 

at ischemic areas or the infarct border zone. Transvascular devices approach the myocardium 

from the epicardial surface. A support catheter is placed through the femoral veins, and tracked 

around to one of the coronary veins. By using an IVUS (IntraVascular UltraSound) system, the 

nearby coronary artery and the pericardium can be localized. The coronary vein is then punctured 

with a small needle, and the injection catheter is passed through this puncture site to the 

epicardial wall. For epicardial access, the Cell-Fix catheter includes a retractable needle and a 

polyurethane umbrella shaped suction system which fixes the device to the epicardium when 

connected to vacuum. This allows stability for penetration and retraction of the injection needle 

251. The goal of intracoronary infusion is to increase the number of cells delivered to ischemic 

myocardium. Vessels are visible by angiography techniques and if cells are injected proximally, 

they can be distributed to large areas of the myocardium. The method uses established 

interventional cardiology tools such as Percutaneous Transluminal Coronary Angioplasty (PTCA) 

devices, where the cells are delivered through the guide wire lumen on removal of the guide wire 

when the device has been steered through the vasculature to the culprit vessel. Limitations 

include the fact that large cells in viscous suspensions may not be appropriate due to the risk of 

obstruction, and cells used must be capable of migrating across the endothelium to perivascular 

spaces. Furthermore, if patients have chronic total occlusion, this approach is not feasible. PTCA 

catheters are not designed or approved for cell infusion, and there are no standard tests to 

compare them for this purpose. Early studies with these devices reported low retention of cells 

from direct injection, retrograde venous delivery and intracoronary perfusion groups, albeit with 

slightly higher numbers for the direct injection group 155,252. More recently, analytical and 
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numerical modelling based on the Darcy Law and transport mass retention has led to optimized 

needle designs specifically for cell retention 253.  The use of a small-to-large graded side-hole 

design in 75°curved Nitinol needle in the C-Cath lessened interstitial pressure during delivery to 

improve retention and resulted in a significant (>3-fold) increase in cell retention (healthy and 

infarcted hearts) 253. While the catheters described here are a huge improvement on simple 

systemic or invasive local delivery, they are limited in that they are only optimized to deliver a 

simple saline payload which doesn’t facilitate sustained release or cell viability; there is still a 

need for catheters delivering retentive materials such as injectable hydrogels or epicardial 

patches. 
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6 Biomaterials improve stem cell retention in the infarcted heart  

6.1 Preface 

In Chapter Six, I compare a panel of biomaterials for improving stem cell retention in the 

infarcted heart compared to a saline control. I compare the retention of two injectable 

biomaterials and two epicardially-placed patches in the acute post-myocardial infarct phase in a 

rat model. 

6.2 Introduction 

The prevalence of myocardial infarction (MI) is significant, with one person suffering one every 

34 seconds, one person dying from MI every minute, and approximately one million people 

discharged from hospital with heart failure annually in the United States 5. With advancements in 

the acute treatment of myocardial infarction, death rates have improved dramatically, but 

strategies for treating those who go on to develop ventricular dysfunction remain lacking. Stem 

cell therapy is an emerging approach that may address this need and offer clinical benefit in the 

treatment of acute myocardial infarction and ischemic cardiomyopathy.  

One of the major hurdles in successful clinical translation of cardiac cell therapy is poor cell 

survival, retention and engraftment in the infarcted heart – a critical requirement for effective 

treatment. For example, delivery of mesenchymal stem cells (MSCs) to infarcted rat or porcine 

hearts (media/saline suspension, intramyocardial injection) has yielded results as low as 11% 

retention at 90 minutes and 0.6% retention at 24 hours 226,252,254 Studies in human subjects confirm 

the low retention phenomenon 255,256. Regardless of cell type or delivery route, acute retention of 

less than 10% is typically reported. Various factors contribute to this phenomenon and include 

exposure of cells to ischemia and inflammation, mechanical washout of cells from incessantly 

beating myocardium, flushing by the coronary vasculature, leakage of cell suspension from the 

injection site and anoikis 173,213,257. The overwhelming majority of cell displacement and death 
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occurs within the first few days after delivery. Therefore, an early assessment of cell retention is 

likely to be strongly predictive of longer-term retention and engraftment 213. Studies of different 

cell types show a strong correlation between engraftment rate and long-term functional benefit 

258–260 supporting the hypothesis that new strategies to improve delivery and engraftment of cells 

could increase  therapeutic benefit.  

One approach to improve efficacy of cell therapies is to utilize biomaterials to provide a surrogate 

ECM to administered cells.  This may enhance cellular cohesion and retention at the infarct site, 

potentially confer a measure of protection from noxious insults like inflammation and ischemia, 

and reduce cell death due to anoikis. To date, there exist two major biomaterial agents of 

myocardial cellular delivery, namely cell-loaded syringeable hydrogels which are injectable 

directly into the myocardial wall, or cell-seeded patches which are affixable to the epicardial 

surface218. In this study, as summarized in Figure 6-1, I compare the ability of a panel of 

biomaterials; injectable chitosan/く-Glycerophosphate(GP) hydrogel, an injectable alginate 

hydrogel, and alginate and collagen epicardial patches in maximizing cellular retention in the 

myocardium within the acute phase post-MI. These biomaterials were chosen in order to compare 

both material and delivery method, and have differing chemical and mechanical properties. I 

chose to use human mesenchymal stem cells (hMSCs) for this study as they are 

immunoprivileged, readily available and have demonstrated clinical potential; however, these 

approaches are applicable to the myocardial delivery of cells in general.  
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Figure 6-1: Overview of the study 

 

6.3 Materials and Methods 

6.3.1 Formulation of biomaterial carriers 

Chitosan/く-GP gels were prepared by stirring ultrapure 95% deacetylated chitosan hydrochloride 

(CL214, Novamatrix, Oslo) in deionized water at pH 8-8.5 until dissolved and subsequently 

adding beta-glycerophosphate dropwise, as previously described 261. The solution was kept on ice 

until use, and used within 12 hours. Alginate (PRONOVA) was modified with a peptide 

containing the RGD sequence to a degree of substitution (DS) of 20 to promote adhesion of cells 
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as previously described 235. In brief, alginate powder was added to a 2-[N-

Morpholino]ethanesulfonic acid (MES) buffer at a concentration of 1g/100ml and dissolved 

overnight. The following reagents were added in quick succession; Sulfo-NHS, N-Ethyl-Nガ-(3-

dimethylaminopropyl) carbodiimide hydrochloride (EDC) (Sigma E6383) and Peptide (Sequence 

GGGGRGDSP) in MES buffer. The reaction was allowed to proceed for 20 hours, then quenched 

with hydroxyl amine. Alginate was dialyzed in a series of sodium chloride solutions of decreasing 

concentration, then frozen and lyophilized for at least a week. Injectable gels were prepared from 

lyophilized stocks as previously described 262. For the alginate patches, alginate was reconstituted 

in MES buffer under sterile conditions and cross-linked by standard carbodiimide chemistry using 

1-ethyl-(dimethyl aminopropyl) carbodiimide, 1-hydroxybenzotriazole hydrate (HOBT) and the 

bifunctional cross-linker adipic acid dihydrazide (AAD), (ratio of AAD: reactive groups on 

polymer; 1:20), as previously described 263,264. 6mm diameter, 2mm thick discs were cut out using 

a biopsy punch, then rinsed three times daily in deionized water for three days, frozen at -20°C 

overnight, then lyophilized for at least three days and stored in a dessicator until use. Collagen 

scaffolds, 6mm diameter, 3 mm thick, were fabricated using a lyophilization process as 

previously described 265. Briefly, Type 1 microfibrillar bovine tendon collagen (CollagenMatrix; 

USA) was blended (Ultra Turrax T18 Overhead blender, IKA Works Inc., Wilmington, NC) at a 

constant 4ºC in 0.05M acetic acid. The collagen slurry was added to a stainless steel pan and 

exposed to a freeze-drying cycle with a freezing temperature of -10°C to generate an average pore 

size of 300 たm. Discs of 6 mm were cut using a biopsy punch.  Size of patches and injection 

volumes was optimized in vitro (Fig 6-2a,b).  

6.3.2 Culture Studies 

hMSCs (AllCells, USA) were encapsulated in chitosan/く-GP or alginate gels at a density of 

100,000 cells/100たL gel (1 x 106 cells/mL) and 100たL was added to a hanging well cell culture 

insert with a pore size of 1µm, suitable for insertion into a 48-well plate (Scaffdex, Finland). Gels 
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(n=3) were allowed to thermogelate (chitosan/く-GP) or ionically crosslink (alginate) at 37°C for 

 

Figure 6-2: (a,b) injection technique and volume, patch size and attachment were optimised with rat hearts ex-

vivo. (c) Mini-thoracotomy and guide suture placement. (d) Myocardial blanching was observed after ligation of 

the LAD. (e) Patches were placed at the infarct border zone cell side down with a single suture. (f) Patches 

remained in place for 24 hours 

30 minutes. 700µL of normal hMSC growth media was then added per well (400µL basolaterally, 

300µL apically). Cells were also seeded onto dry collagen or alginate patches (n=3), at 100,000 

cells per patch, on one side. In addition, cells were also seeded in 2D at a density of 100,000 cells 

per well in adherent 6-well plates (n=3). Inserts, scaffolds or cells in 2D were cultured under 

normal conditions for 24hrs, at which point they were placed in a hypoxia chamber (1% O2, 5% 

CO2, and 94% N2) and in low nutrient media consisting of glucose-and serum-free Dulbecco’s 
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modified eagle medium (DMEM) supplemented with 1mM 2-deoxyglucose, to inhibit glycolysis, 

to mimic the harsh environment of infarcted tissue 266. All samples were analyzed for cell 

viability by live/dead staining at 0hrs, 24hrs, 48hrs, day 4, and day 6 by live/dead staining. 

Staining was carried out as per manufacturer’s instructions (Live/dead cell viability assay, Life 

Technologies, MA, USA).  Stained samples were imaged by confocal microscopy on a Leica 

LSM710 confocal microscope using Zen software (Carl Zeiss, USA) at three randomly chosen 

fields of view per each of three replicates per group, at 10X magnification for a 100µm z-stack 

using calcein and ethidium channels for excitation. A minimum of approximately 100 cells per 

field were counted at time 0.  Imaris software (Bitplane, CT, USA) was utilized to count live cells 

in each z-stack. The “surface object” module was used to generate a 3-D representation of the 

field, and surface objects were created on an intensity value on a per channel basis, allowing 

elucidation of individual cells. Threshold settings were optimized to create a counting algorithm 

for cells for each group (morphology of cells was different in each material), allowing impartial 

counting of cells, even in areas of high density. Live cell counts were averaged for each sample 

and each group, and normalized to cell number at 0 hrs. 2-way Analysis of Variance (ANOVA) 

with a Holm-Sidak post-hoc analysis was used to determine statistical significance between 

groups. 

6.3.3 Cell labeling 

hMSCs or GFP-expressing hMSCs (kindly provided by the Texas A&M University Health 

Centre) were labeled with a fluorescent DiD membrane dye (C67H103CIN2O3S, Vibrant cell 

labelling solution, Molecular Probes, Oregon, USA), according to the manufacturer’s 

instructions. DiD exhibits near-infrared excitation and emission maxima of 644nm and 665nm, 

respectively 267.  

hMSCs or GFP-hMSCs were DiD-labeled (Invitrogen) and seeded in 6-well plates at 100,000 

cells per well. After 48-hours cell viability was assessed via trypan blue exclusion assay. DiD-
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labelled cells were imaged with a Xenogen In Vitro Imaging System 100 (IVIS) with the 

following settings; fluorescent imaging, excitation filter 640nm, emission filter 680nm, binning of 

8, field of view 6.5 and f-stop 2. Fluorescence was compared to non-labeled control using Living 

Image ® software (PerkinElmer, MA, USA). 2-way ANOVA with a Holm-Sidak post-hoc 

analysis was used to determine statistical significance between groups. 

6.3.4 MI model and cell delivery 

Rats underwent myocardial infarction as previously described12. All animal procedures were 

approved by the Harvard Institutional Animal Care and Use Committee. Immune competent, 

female Sprague Dawley rats (Charles River Laboratories), weighing 250-350g were anaesthetized 

with isoflurane (3-5%) and then underwent tracheal intubation with a 16-gauge angiocatheter, 

utilizing a drop of 2% lidocaine applied to the posterior pharynx and glottis to eliminate gag 

reflex.  Rats were ventilated throughout the procedure with 2-3% Isoflurane in O2 at a respiratory 

rate (RR) of 75bpm and a tidal volume (VT) of 2.5mL, with a mechanical ventilator (SAR-830P 

Small Animal Rodent Ventilator, IITC Life Sciences, CA, USA). The ventilator was operated in 

pressure control mode and flow was adjusted to ensure pressure was maintained at approximately 

14cm H20. Ventilation was confirmed by verifying chest inflation in time with the ventilator. The 

incisional area was shaved and washed with betadine and alcohol three times. Patch size, 

attachment and injection technique and volume were optimized ex-vivo. For the infarction 

surgery, the chest wall was opened to expose the heart and the pericardium was removed. A guide 

suture was used to gently manipulate the heart for ligation of the left anterior descending artery 

and placement of patches or injections (Fig 6-2c). Myocardial blanching was apparent after 

ligation of the LAD, confirming infarction (Fig 6-2d). Patches were attached to the myocardium, 

cell-seeded side towards the epicardium, at the infarct border zone with a single 6.0 prolene 

suture (Fig 2e), and all remained in place 24 hours later (Fig 6-2f). DiD-labeled GFP-hMSCs 

were encapsulated in or seeded on biomaterial carriers (400,000 cells/60たL gel/saline 

 102 



immediately before administration. 400,000 cells per patch 12 hours prior to surgery to allow cell 

attachment). Cells were maintained on ice for not more than 30 minutes before myocardial 

administration. 60たL of gel or saline (the current clinical standard) was injected into the infarct 

border zone at three injection sites (20たL per injection, 400,000 cells total) with a 100たL 

microsyringe and a 27G needle. The needle remained in the myocardium for approximately 30 

seconds after each injection to minimize leakage. After cell delivery/patch implantation the chest 

retractor was removed, each of the muscle/fascial layers was closed and sutured with a Vicryl 4.0 

suture. A small opening was left to permit access to the chest cavity for a modified chest drainage 

tube consisting of a flexible tube attached to a 30mL syringe. This was used to evacuate the chest 

cavity of air and restore negative pleural pressure prior to final closure of the chest wall. The skin 

layer was closed and sealed with 9mm stainless steel skin closure clips. Anesthesia was removed, 

animals were ventilated with pure O2 and monitored until signs of non-assisted breathing were 

observed and then ventilation was completely removed. Animals were allowed to recover on a 

heated mat until ambulatory. 5mL of warm 0.9% saline was injected subcutaneously and animals 

had access to moist food to aid rehydration and recovery following surgery. Analgesia 

(0.05mg/kg buprenorphine, administered subcutaneously) was administered preoperatively and 

every 12 hours thereafter until sacrifice. Mortality was approximately 10%.        

6.3.5 Tissue Harvesting and quantification of cellular retention by IVIS imaging 

24 hours after cell delivery animals were anaesthetized with an injection of ketamine (40-80 

mg/kg body weight) and xylazine (5-10 mg/kg body weight), and then intubated as described 

above and ventilated with air at the above settings. Heparin was injected intra-peritoneally at a 

dose of 1 unit/g body weight. Rats underwent a bilateral thoracotomy, to completely expose the 

thoracic cavity. An incision was made below the diaphragm, and then the diaphragm was cut 

(serving as a method of secondary euthanasia). Ribs on each side were cut, and the anterior chest 

wall was lifted using forceps on the xiphoid process. The anterior chest wall was fully removed. 
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Using two forceps, the thymus was carefully removed to reveal the aortic arch and great vessels. 

A purse string suture was placed around the aorta, an incision was made beside the left subclavian 

branch of the aorta, and a feeding needle was inserted, so that it remained above the aortic valve. 

The suture was secured above the ball of needle. A 27G needle was inserted into the left ventricle 

of the heart through the apex and 5ml of PBS was flushed through the ventricle and feeding 

needle to remove ventricular blood. The heart was excised and imaged on the Xenogen IVIS with 

fluorescent imaging (excitation filter 640nm, emission filter 680nm). The heart was then attached 

to a perfusion rig using the feeding needle, which enabled perfusion through the coronary vessels 

at physiological pressure. The heart was perfused with saline for 2 minutes to flush blood from 

the tissue. The heart was then perfused with a cadmium/potassium/TRIS solution for 30 seconds 

to arrest the heart in diastole and close the aortic valve, ensuring that fluid perfused through the 

coronary vessels (0.05mol/L tris(hydroxymethyl)aminomethane and 0.01mol/L cadmium chloride 

solution was brought to pH 9-10, then immediately before use and added to a 1M potassium 

chloride solution in a 2:1 ratio and brought to pH 7). Finally the heart was perfused with 4% 

paraformaldehyde for 15 minutes to fix the tissues. The heart was then cut into 4 transverse 

sections using a scalpel blade. These were stored in 4% paraformaldehyde overnight at 4°C. In 

order to compare signal at 0 hours and 24 hours, freshly excised hearts were perfused with saline 

as previously described, and gels or patches containing 400,000 cells were implanted as described 

for the surgical procedures. Ex vivo hearts were immediately imaged as described above. Living 

Image® software (Perkin Elmer, MA, USA) was used to quantify fluorescence. A non-parametric 

ANOVA on ranks analysis was used to determine statistical significance between groups. 

6.3.6 Autofluorescence measurements 

In order to investigate potential sources of confounding autofluorescence, a cell-free infarcted 

heart, harvested at 24 hours was IVIS imaged, along with a sample of each of the biomaterials 

without cells. In Living Image ® software, a circular region of interest was drawn around the 
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fluorescent area, and the total radiance was calculated for that region. In order to subtract 

background fluorescence, the radiance was calculated for a circle of the same size on the same 

area of an infarcted heart with no transplanted cells, and this background was subtracted.   

6.3.7 Histological analysis 

Fixed heart sections were transferred to 15% w/v sucrose for 2 hours at 4°C, before storage in 

30% w/v sucrose overnight. Tissues were then snap-frozen in OCT medium, using liquid 

nitrogen-cooled isopentane and stored at -80°C in sealed containers until sectioning. OCT blocks 

were sectioned on a cryotome (CM 1950, Leica). The block containing the tissue slice of interest 

(containing epicardial patch or injection) was identified and sections were transferred to charged 

slides (Superfrost Plus, ThermoScientific). Each block was sectioned entirely, in 8µm and 45µm 

sections.  A detailed staining protocol is in the appendix. A primary antibody solution (GFP 

Rabbit IgG Antibody Fraction, Alexa Fluor® 488 Conjugate, Invitrogen A-21311) diluted 1:200 

in stain buffer (BD Pharminogen) to give a final concentration of 10たg/mL was used, and slides 

were mounted with Prolong Ultrafade with DAPI and coverslipped. Images were taken on a Zeiss 

LSM 710 confocal microscope. Samples were imaged at magnification of 6X or 12X and 63X, in 

the region of transplanted cells. DAPI and eGFP channels were used for excitation of the sample. 

A z-stack of 45µm was taken and the maximum intensity projection was acquired with Zen 

software (Carl Zeiss Microscopy, USA). 

6.4 Results 

In order to measure in vitro cell viability on biomaterial substrates in a mimic of the 

hypoxic/ischemic environment of an infarct, hMSCs were encapsulated in chitosan/く-GP or 

alginate hydrogel or seeded on collagen or alginate patches and cultured in hypoxia/ischemia 

mimic for up to 6 days. As expected, cell viability diminished in vitro over 6 days on all growth 

substrates in this mimic of hypoxic/ischemic conditions (Figure 6-3a).  
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Figure 6-3:  (a) Live/Dead staining of hMSCs in 2D or encapsulated in biomaterials at each timepoint. Green-

live, red=dead. (b) Viability quantification for each group (mean + SD, n=3, *=p<0.05 2-way ANOVA). 

TCPS=tissue culture polystyrene. 

However, cell viability was higher in biomaterials when compared to monolayer culture by day 6. 

This was corroborated by representative images taken at day 6, which demonstrated greater levels 

of cell viability in chitosan/く-GP and alginate hydrogels compared with 2D culture (Figure 6-

3a,b).  
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The methodology for analyzing cell retention in the myocardium was next validated. After 

ischemic injury endogenous fluors such as flavins, lipofuscin and other blood derived pigments 

can accumulate in tissue, contributing to an autofluorescence which can confound fluorescent 

signals from membrane labelers or fluorescent antibodies212.  Natural biomaterials can also 

produce autofluorescence which could confound IVIS measurements268. To address this issue, the 

autofluorescent properties of an unaltered infarcted heart, 24 hours after ligation and empty 

biomaterial carriers were investigated. Negligible fluorescence was emitted from the unaltered 

infarcted heart (Figure 6-4a,d,f), or empty biomaterial carriers at DiD-measurable wavelengths 

(Figure 6-4b,c,d,f).  

 

Figure 6-4: (A) Representative cell-free infarcted heart at 24 hours post-infarct along with (B) cell-free 

chitosan/く-GP and alginate gels and (C) cell-free collagen and alginate patches. (D) Quantified background 

fluorescence. (E) Fluorescence for 100,000, 200,000, 300,000 and 400,000 cells. (F) Background fluorescence 

compared to labeled cell fluorescence. 

The specific fluorescence from cell numbers ranging from 100,000-400,000, in increments of 

100,000, were also quantified (Figure 6-4 e,f), and these signals were orders of magnitude greater 

than those resulting from autofluorescence of the infarcted heart or biomaterials.  Therefore, 

fluorescent signals measured in the myocardium are expected to result exclusively from the 
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presence of labeled cells. Fluorescence values from cell-free infarcted hearts were, though, used 

as background correction for IVIS data from cell-administered hearts.  

To accurately assess levels of cell retention in the myocardium with a fluorescent cell labeler 

coupled with IVIS imaging, a series of optimization steps were necessary.  The effect of DiD-

labeling on cell viability and the fluorescent signal produced by both unaltered and GFP-hMSCs 

was assessed (Figure 6-5a,b) and had a minor effect on cell viability at 48 hours. Additionally, 

GFP expression did not contribute to fluorescence at DiD-measurable wavelengths (Fig 6-5c,d). 

 

Figure 6-5: (A) hMSCs or GFP-hMSCs were labelled with DiD, a fluorescent membrane labeller. 

Photomicrographs of each cell type in culture.  (B) Viability of labeled cells by Trypan Blue exclusion assay at 48 

hours. Cell viability was only slightly reduced by DiD labeling in either cell type (mean + SD, n=3, *=p<0.05, 2-

way ANOVA).  (C) hMSCs or GFP-hMSCs were labeled with DiD,  imaged on an IVIS imaging system 48 hours 

post-labeling and analysed (regions of interest pictured).  D) Emitted fluorescence from each well was 

quantified. DiD-labeled cells demonstrated a substantial fluorescent signal, which was similar between both cell 

types (mean + SD, n=3 *=p<0.05, 2-way ANOVA).   

Hearts injected with DiD-GFP hMSCs delivered via alginate and chitosan/く-GP gels 

demonstrated a significant 8-fold and 14-fold mean increase in fluorescent signal, respectively, 

when compared to saline-injected hearts (Figure 6-6a,b).  Similarly, 47-fold and 59-fold increases 

were found for collagen and alginate patches, respectively (Figure 6-6c). IVIS images of all 
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samples are in the online Supplemental Material, Figure S4. These results were corroborated by a 

qualitative histological analysis. In saline-injected hearts very few hMSCs were visible in the 

myocardium, whereas substantially more cells were apparent in alginate or chitosan/く-GP-

injected hearts. In hearts with affixed patches, a high density of cells was observed within the 

patch structure (Figure 6-6d). As the absolute fluorescence is attenuated by depth in tissue, the 

signal at 24 hours was normalized to the signal from each cell-loaded biomaterial in the heart at 0 

hours. Cell retention from 0-24 hr in all biomaterial treated hearts was superior to that of the 

saline control, with no significant difference between the individual biomaterials from time 0 to 

24 hr (average of 50-62% for biomaterials,9% for saline control; Figure 6-6e).    

6.5 Discussion and Conclusion 

This study presents a direct head-to-head comparison of diverse biomaterials delivered to 

different sites, specifically to compare acute cell retention, which to my knowledge has not been 

studied previously. Previous studies have corroborated findings that biomaterial delivery vehicles 

can enhance cellular retention, Results of a head-to-head comparison of intramyocardial saline 

injections of skeletal myoblasts with epicardial cell constructs (gelfoam and cell sheet)215 and a 

recent study comparing delivery of cardiosphere-derived cells in saline with a hyaluranon-gelatin 

hydrogel216 corroborate these findings that biomaterial approaches facilitate superior retention. 

Qian et al compared an injectable collagen gel and collagen patch and found the patch to be 

superior in terms of functionality, presumably due to mechanical support of the infarcted area217.  

However, this is the first study that directly compares four distinct biomaterials. 
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Figure 6-6: (A) Representative fluorescent images of infarcted rat hearts, 24 hours after cell administration. 

Quantification of fluorescent signal of injectables (B) and patches (C) at 24 hours as a fold-change to saline 

group (*=p<0.05, ANOVA on ranks). (D) Representative cryosections, with GFP-positive cells clearly visible. 

Differing magnifications, and two different section thicknesses are provided for visual representation. (E) 

Percent retention of signal at 24 hours, as normalized to signal immediately following transplantation. 

 110 



Additionally, this is the first study that evaluates alginate gel, a biomaterial that has progressed to 

phase II clinical trials for acellular myocardial repair based on promising phase I and phase II 

results 257. Given pre-existing clinical safety and efficacy data and the potential for enhancement 

of cellular retention demonstrated here, alginate gel possesses significant translational potential. 

The study also shows much higher retention values for chitosan/β-GP hydrogel than previously 

published196,197. In vitro, gels likely enabled higher viability in hypoxia/ischemic mimic at 6 days 

due to the protective effect of total encapsulation or decreased metabolic rate in 3D culture.  

The increases in cell retention are in line with the work presented in other studies that 

successfully used in situ gelling hydrogel delivery vehicles to enhance myocardial cellular 

retention, both in the acute phase and longer term retention, although not all studies report 

substantial enhancements. Indeed the large increases in retention I report here are superior to 

those achieved at the same timepoint in many studies, potentially due to the use of different 

biomaterials. A sample was presented in Chapter 5, table 5-1 where reported myocardial cell 

retention in a hydrogel carrier was compared with saline delivery, for a variety of cell types.  

Cell-loaded biomaterials address the issues of mechanical dispersion of cells from the injection 

site, which is a major source of cell loss within the myocardium. Poor cell retention is likely to be 

a major factor underlying the failure of cell-based therapies for MI to achieve consistent and 

substantial efficacy to date 3,211. Since numerous studies have shown that the majority of cells are 

lost within a short space of time, here I elected to study acute cell retention as a primary endpoint, 

with the rationale that this would be predictive of longer term retention and efficacy. This 

rationale will be tested in future work with the biomaterial strategies utilized here, but is currently 

corroborated by several pre-existing studies which correlate enhancement of acute myocardial 

cellular retention with longer term retention and consequent increases in efficacy 196,197,258–260. 

Despite the current challenges in achieving high levels of cell retention, engraftment and survival 

in vivo, interpretation of clinical outcomes to date reveals that a reduction in scar mass equivalent 
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to 60 million endogenous cells is possible, even when only 2-4 million administered cells are 

retained 269. This study shows a fold-increase in fluorescent signal of approximately ten and fifty 

for biomaterial injectables and epicardial patches respectively, and a superior maintenance of 

cells in the first twenty four hours for all biomaterials compared to a saline control. Given these 

favorable numbers, this increase in retention may translate to a large increase in clinical benefit.  

While absolute fluorescence is affected by depth of tissue, our histology also clearly shows that 

retention is higher in biomaterial groups than saline controls (and especially in epicardial 

patches). When normalized by fluorescence at 0 hours we see that each biomaterial produced a 

similar significant benefit over the control in terms of retention. There are likely advantages and 

disadvantages with each biomaterial; those studied here differ in terms of mechanical properties, 

fabrication, modes of degradation, chemical composition and porosity, yet all provided similar 

levels of delivered cell retention after 24 hours (although less cells are delivered at 0 hours with 

injectable hydrogels compared to patches, due to some washout at the injection site). A physical, 

biocompatible, porous scaffold may fulfill the basic criteria for effective enhancement of acute 

cellular retention, as measured here. However, the exact relationship between biomaterial 

composition and long-term cell fate and therapeutic efficacy has not yet been fully elucidated, in 

the context of cellular cardiomyoplasty, and will be the focus of future work.  Injectable gels 

increase cell retention through encapsulation, protecting cells from high shear forces on delivery 

through needle and in situ gelation and may not require optimized cell adhesion properties to 

facilitate mechanical cohesion of cells in the myocardium (in the current study alginate hydrogel 

was RGD functionalized while chitosan/く-GP was not, and contains no native integrin binding 

sites). However, both epicardial patches here have optimal cell adhesion properties, suggesting 

that this feature may be key for effective patch systems, where cells are adherent to the patch 

surface.  
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Both physical forms of biomaterials tested here are likely to have utility and could potentially 

fulfill patient-specific niches. The comparison of two forms of alginate as an injectable and 

epicardial patch cell carrier is valuable in comparing delivery methods without varying material 

and delivery parameters independently.  Injectable hydrogels may enable immediate and direct 

myocardial delivery, while epicardial patches may facilitate better retention and sustained release 

as cells migrate into the underlying myocardium over time, since they aren't subjected to the same 

mechanical stresses as intramyocardial injections. While epicardial patches could be used to 

cover large infarcts, injectable gels could be used to target multiple smaller focal areas. 

Intramyocardial delivery is more invasive within the myocardium itself, but potentially less 

invasive overall, if delivery is possible from the endocardial side utilizing percutaneous injection 

catheters. Epicardial deposition of patches may require a mini-thoracotomy, although some of the 

studied materials show potential for delivery in a minimally invasive manner 131,132, thereby 

increasing potential for clinical effect. Both approaches demonstrate therapeutic applicability to 

the wider spectrum of infarction-mediated myocardial damage and should be considered for 

future cell therapy applications. 

I can draw four conclusions from this work; (i) biomaterials can protect cells and increase 

viability in hypoxic/ischemic conditions (ii) biomaterials can facilitate higher numbers of cells 

being retained in the myocardium after 24 hours compared to a saline control (iii) each 

biomaterial utilized here produces a similar maintenance of cell numbers over the first 24 hours 

(iv) biomaterials can influence where cells localize in the heart. 
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7 An implantable device to allow replenishable targeted cell delivery 

to the heart 

7.1 Preface 

In Chapter Seven we build upon the work described in Chapter Six confirming that biomaterials 

are promising cell carriers for myocardial cell therapy. Here, we develop an implantable system 

for replenishing an epicardially placed biomaterial with cells and small molecules, and 

demonstrate its function in an in vivo model. 

7.2 Introduction 

The previous chapter demonstrated how biomaterial delivery vehicles can enhance cardiac 

cellular retention. These findings have been corroborated by multiple research groups 

97,104,105,120,124–126,129,135–137. Controlled release of cellular paracrine factors can protect the cells and 

biomaterial from host immune reaction. Here, I propose a device that enables a highly tunable 

and refillable method of cell delivery for the purposes of cardiac tissue regeneration.  

Coronary artery revascularization therapies are effective at restoring blood flow to the heart, 

however residual myocardial scarring remains permanently. Elimination of myocardial scarring 

and restoration of full cardiac function post-MI could eliminate the cascade of events that lead to 

heart failure. At present there is a total absence of effective therapies in this domain. Despite the 

great potential of stem cell therapy to date, the functional outcomes in clinical trials have not been 

satisfactory due to suboptimal localization to implantation site, poor viability and low 

engraftment efficacy 180. This poor cell survival and retention necessitates multiple, invasive 

administrations of cells 122,181. In order for stem cell therapy to achieve the successful outcomes 

that it promises, it is necessary to enhance stem cell viability during delivery and their ability to 

survive and integrate within the harsh environment of the post-MI or chronic ischemic heart. A 

device that can enable improved retention and multiple refilling would prove extremely beneficial 

 114 



for enabling sustained delivery of the paracrine factors released from transplanted cells in close 

proximity to the heart. 

Beyond cell therapy, small molecule drugs are currently at an early stage of development for the 

purpose of myocardial regeneration (for review see Jung et al 182. In addition to cell therapy, 

small molecule drugs represent a promising therapeutic deliverable for the treatment of ischemic 

cardiomyopathy. These compounds are often inexpensive to make and store. Advances in 

synthetic chemistry mean that large libraries of structurally diverse molecules can be produced 

and screened for efficacy in modulation of a specific molecular target.  Similarly, a library of 

small molecules can be screened in a biological system to determine novel drug targets and 

elucidate previously unknown signaling systems implicated in myocardial disease. Structure 

activity relationship data can enable molecular modification to optimize specificity, stability and 

efficacy.  Such approaches are of distinct utility in clinical development. Examples of these 

molecules include prostaglandin E2 (PGE2), , ONO1301 [a Prostaglandin I2 (PGI2) agonist], 

pyrvinium pamoate (PP) (an NADH-fumarate reductase inhibitor) or diprotin A – a 

DipeptidylpeptidaseIV (DPP-IV) inhibitor that stabilizes myocardial SDF-1 and enhances 

recruitment of CXCR4+ circulating stem cells to effect regenerative therapy. A common theme 

underpinning studies with delivery of these small molecules is the necessity for redelivery or 

sustained delivery of drugs. Some examples are listed here. 

Hsueh et al. demonstrated that daily intraperitoneal administration of PGE2 enhanced 

cardiomyocyte replenishment at the infarct border zone in a murine model of MI. PGE2 increased 

the presence of Sca-1+ cells and regulated their potential for a cardiomyogenic differentiation, 

suggesting that PGE2 could activate and mobilize the endogenous CSC population. In addition, 

PGE2 treatment rescued the ability of old mouse hearts to replenish cardiomyocytes at the infarct 

border 183. PGE2 is FDA approved for induction of labor, and so possesses significant 

translational potential. However, PGE2 is rapidly metabolized in vivo and so repeated dosing was 
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necessary in this study, which utilized a simple systemic route of administration. This underpins 

the need for more advanced delivery methods.   

Theiss et al. demonstrated that a G-CSF/Diprotin A multimodal therapy significantly increased 

numbers of resident CSCs 184. Given that it was necessary to administer Diprotin A twice daily to 

maintain efficacious concentrations within the myocardium, a sustained release formulation or an 

ability to replenish could greatly aid clinical translation. 

Finally Nakamura et al. encapsulated ONO1301 in polylactic-co-glycolic acid (PLGA) 

microspheres that produced a sustained release of drug for 10 days. The microspheres were 

injected intramyocardially in a mouse model of acute MI and increased local HGF and VEGF 

expression, increased vascularization of the infarct border zone by day 7, decreased left-

ventricular dilatation and improved survival by day 28. ONO1301 was well tolerated when 

delivered intramyocardially in PLGA microspheres. A phase I clinical trial, where ONO1301 was 

administered orally was discontinued due to diarrhea in participants and systemic administration 

has been shown to produce hypotension in experimental animals, highlighting the importance of 

localized and controlled delivery in realizing the full potential of a given therapeutic strategy and 

avoiding off-target effects 185. 

The Thericardium (therapeutic thericardium) I describe in this chapter offers a number of 

strategies to address the abovementioned limitations for the delivery of cells and small molecules. 

The Thericardium is a refillable therapeutic layer that surrounds the heart and is connected to a 

subcutaneous port through an implanted conduit. The layer (made up of synthetic or biological 

materials) contains various delivery reservoirs, which allow sustained and controllable delivery of 

therapy. The delivery reservoirs are on the epicardial surface of the heart and thus provide 

localized targeted therapy to the diseased tissue. The reservoirs incorporate a biomaterial that can 

be pre-loaded and refilled with cells or biological therapies.  In this chapter, I developed a 

miniaturized, simplified thericardium to enable non-invasive multiple replenishments of 
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biological (and small molecule) therapy directly to the heart, and demonstrate its function in a 

pre-clinical rodent model. I use gelatin cryogel as the biomaterial reservoir with mouse 

mesenchymal stem cells as the cell type, but this platform system can be applied to numerous 

types of biomaterials (for example the alginate, collagen and chitosan described in the previous 

chapter) and multiple cell types. I test the delivery of small molecules directly to heart using d-

luciferin to represent a small molecule. Bioluminescence of the luciferase-expressing cells in the 

presence of luciferin allows quantification of cell number and small molecule amount at various 

timepoints.  

 

Figure 7-1: Miniaturized thericardium concept in a rat model. 

 

7.3 Materials and Methods 

7.3.1 Cryogel preparation 

A methacrylated gelatin (GelMA) cryogel was used for this study. Gel fabrication was conducted 

as previously described186. Briefly, pendant methacrylate groups are added primarily to free 

amines of gelatin by reaction with methacrylic anhydride. Free radical polymerization results in 

crosslink formation between methacrylate groups. Freezing of methacrylated gelatin in the 

presence of radical initiators allows polymerization to occur in the partially frozen state 

(cryopolymerization). Ice crystals formed during the freezing and thawing after 
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cryopolymerization results in the formation of a hydrogel with micron-scale pores. Methacrylated 

gelatin (GelMA) was synthesized by allowing Type A porcine skin gelatin (Sigma) at 10% (w/v) 

to dissolve in stirred Dulbeccos phosphate buffered saline (DPBS; GIBCO) at 50C for 1 h. 

Methacrylic anhydride (Sigma) was added dropwise to a final volume ratio of 1:4 methacrylic 

anhydride:gelatin solution. This resulted in GelMA with a degree of substitution of 79%. The 

solution was stirred at 50C for 1 h, and then diluted 5x with DPBS. The resulting mixture was 

dialyzed in 12-14 kDa molecular weight cut-off tubing (Spectrum Labs) for 4 days against 

distilled water (dH2O) with frequent water replacement. The dialyzed solution was lyophilized, 

and the resulting GelMA was stored at -20C until use. The remainder of the preparation steps 

were conducted in aseptic conditions with sterile reagents.  Cylindrical acrylic molds (7.5mm 

diameter, 1.25mm thick) were placed in -20C freezer, with direct shelf contact. The lyophilized 

GelMA was warmed to room temperature. A 137mg/ml ammonium persulfate solution (APS; 

Bio-Rad) was prepared, and protected from light. A 1% gelatin solution was prepared and placed 

on a hot plate at 40C, 500 rpm for 30 minutes, then stored in a 4C refrigerator for 20 minutes. 4ul 

tetramethylethylenediamine (TEMED; Bio-Rad) was added to the gelatin solution for every ml of 

solution, and stirred. The solution was placed in the fridge for three minutes, and then 36µl of 

APS was added to the gelatin for every ml of solution and stirred. The gelatin solution was 

pipetted into molds, filling to excess. An acrylic plate was placed over the mold, ensuring that all 

air was removed, and the assembly was clamped together with binder clips, and stored for 

seventeen hours at -20C.  The gels were removed by displacing them from molds with a 7.5mm 

punch once semi-thawed (30 seconds - 1 minute after removing from freezer), and they were 

stored in distilled sterile water until use.  

7.3.2 Cell transfection 

D1 mouse cells from balb/c were used. To introduce mCherry and Firefly Luciferase to these 

cells, lentiviral particles containing the vector with mCherry-IRES-Firefly Luciferase driven by 
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the CMV promoter were produced by transfecting the plasmids in HEK-293T cells. The viral 

particles were then concentrated by centrifugation through an Amicon filter with 3kDa cut-off. 

Viral titer was determined by evaluating mCherry signals after transducing MSCs with different 

concentrations of the particles. MSCs were then incubated with viral particles for 2 days. Cells 

expressing mCherry were then sorted via flow-activated cell sorting (FACS). 

7.3.3 Cryogel seeding with cells 

Luciferase-expressing mouse mesenchymal stem cells (D1s) were cultured in Dulbecco's 

Modified Eagles Medium (DMEM) with 10% (v/v) bovine serum, 100 U/ml penicillin, and 

100 たg/ml streptomycin (Gibco) at 37 °C in a 5% CO2 atmosphere. Prior to seeding into cryogels, 

cells were harvested using trypsin solution (Sigma) and resuspended at approximately 106 

cells/12.5たl in complete medium. Cryogels were dehydrated by wicking with a Kimwipe, and 

rehydrated with 12.5たl of cell suspension (106 cells) in a 24-well plate. Well plates were 

incubated at 37C for 60 minutes to allow for cell attachment then complete media was added and 

the gels were cultured overnight before implantation. 

7.3.4  In vitro bioluminescence measurements 

Cell-laden gels were dehydrated by dabbing them three times against tissue culture plastic, and 

then placed in an empty 24-well plate. 50たl of D-luciferin (XenoLight D-Luciferin Potassium 

Salt, Perkin Elmer) at 15mg/ml was added to each gel and they were imaged in the IVIS 

Spectrum Xenogen 5000 (In Vivo Imaging System, Perkin Elmer). A sequence was acquired with 

the following settings; luminescent automatic exposure with a  target count of 3,000 and a field-

of-view set to C. (automatic exposure preference range values were set to the following;  

exposure time: 0.5-170 seconds, binning: 1-8, F-stop:1, field-of-view:C, delay of 180 seconds 

between images). Sequence was ended once the signal was seen to drop. The automatic circular 

region of interest tool was used to calculate the total flux per gel (photons/sec). 
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7.3.5 Animal studies  

All animal studies were carried out in accordance with the Institute for Animal Care and Use 

Committee, Harvard University. Female Sprague Dawley rats (225-275g) were anesthetized using 

isoflurane (1-3% isoflurane in Oxygen). Induction was in a chamber and maintenance was with a 

nose cone was used to maintain anesthesia during preparation for surgery. Hair was removed with 

a razor and hair removal cream in the left side of the chest and between the shoulder blades, and 

is shown in more detail in Figure 7-2. Pre-operative analgesics (buprenorphine (0.05mg/kg 

subcutaneously), carprofen (5mg/kg in 200ul volume subcutaneously) were administered. 

 

Figure 7-2: Preparation of animal for surgery. 

In order to mechanically ventilate the animal, endotracheal intubation was required. Details are 

shown in Figure 7-3. Briefly, a tilting stand (Hallowell EMC, 000A3467) was used to position the 

animal for intubation. The arms were taped to the supports on the stand, and an elastic band with 

Velcro was placed around the two front teeth to hold the animal in place.  The animal was tilted at 

a 45 degree angle and the glottis area was transilluminated with a spotlight placed close to the 

neck. The tongue was retracted to visualize the opening and closing of the larynx, just above the 

esophagus. Lidocaine 10ul of 1% lidocaine on tip of intubation tube was used to prevent the gag 

reflex. A forceps could be inserted into the mouth once the tongue was retracted to keep it open 

while a 16G, 2.5” catheter (BD angiocath) was inserted into the trachea, timed with the opening 

of the larynx. Intubation was verified with a dental mirror placed at the end of the catheter. 

Condensation from breathing was observed at the end of the catheter if correctly placed. If not, 
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the catheter was removed and the procedure repeated. The mechanical ventilator (SAR 830P, 

Harvard Apparatus) was then connected to the catheter via a luer slip on the end of an extension 

line on the ventilator output, and the chest of the animal was observed to ensure that the lungs 

were inflating and deflating in time with the ventilator. Settings were adjusted to volume control, 

flow rate of 200-500cc/min, with an inspiratory time of 0.55 seconds, a respiratory rate of 75 

breaths per minute. Pressure was maintained between 12-14cmH20 on inhalation.  

 

Figure 7-3: Endotracheal intubation and verification 

Once the animal was intubated, the intubation catheter was tied in place using umbilical cord. The 

ventilator was temporarily disconnected to carefully move animal from the stand to a prone 

position on a sterile drape on a heating pad for the surgery. The ventilator was reconnected. An 

indwelling catheter was then tunneled subcutaneously from the dorsal site to a ventral exit site 

close to the left fourth intercostal space. This is described in Figure 7.4. Briefly, both the dorsal 
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and ventral surgical sites were washed with a 2-step iodine surgical scrub preparation. A small 

incision was made in the dorsal skin and a forceps was used to tunnel subcutaneously to the area 

of the fourth intercostal space (usually about the level of the third superior nipple. An incision 

was made at the ventral site in this area, and the forceps was directed through the incision, to 

grasp a 3Fr catheter (C30PU-RJV1303, Instech Laboratories) and retract it through the tunnel. 

Figure 5.3 shows the catheter and the temporary dorsal and ventral exit sites. 

 

Figure 7-4: Subcutaneous tunnelling of the indwelling catheter. 

Next, the heart was exposed and the ventral end of the catheter was attached to the epicardial 

surface of the heart. This procedure is explained in detail in Figure 7-5. In brief, a sterile saline-

soaked gauze was placed on the dorsal wound, the mechanical ventilation was temporarily 

removed and the animal was placed in a supine position. The ventilation was reconnected, and the 

limbs were taped down. A thoracotomy was then created by making a small incision parallel to 

the ribs at the 4th intercostal space, taking care not to cut the catheter at its ventral exit point. The 

intercostal fascia and muscle was opened using a blunt dissection technique, keeping the 

instruments parallel to the ribs and taking care to keep the ribs intact.  
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Figure 7-5: Epicardial fixation of the catheter and cryogel through a thoracotomy. 

 

A small chest retractor (Fine Science Tools, 17008-07) was used to spread the ribs and visualize 

the underlying lungs and heart. The left lung was retracted with a sterile cotton-tipped bud. The 

pericardium was removed with two fine curved forceps (Fine Science Tools 91197-00). A guide 

suture (6-0 prolene monofilament, Ethicon 8711) was then placed into the myocardium towards 

the apex using a spring-loaded needle driver (Castreviejo needle holder, Fine Science Tools 1265-

14). Using the guide suture, the heart could be manipulated into position and held there using a 

hemostat (Fine Science Tools, 91308-12). Next, the catheter was positioned by retracting it at the 

dorsal opening until just enough of the catheter remained ventrally to be attached to the 

epicardium. A suture (Ethicon 8711) was brought through the tip of the catheter first, and then 
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through the epicardium (on the left ventricle, close to the apex) before tying in place. Then the 

cryogel was placed on the heart by first placing a suture through the myocardium, just distal to 

the end of the catheter, then using the suture to lower the cryogel on to the surface of heart so that 

it sat over the end of the catheter. The cryogel was then secured in place with a single suture, 

ensuring not to tear the cryogel. The guide suture was then removed, and the heart was gently 

guided back into the thoracic cavity. The muscle layers were closed with interrupted sutures (4-0 

coated vicryl polyglactin 910 braided suture, Ethicon J310).  A vascular access button 

(VAB62BS/22, Instech Laboratories) was connected to the dorsal end of the catheter to block the 

end before evacuation of the thoracic cavity. A perforated tube connected to a 30cc syringe was 

placed into the thoracic cavity, and a vacuum was pulled while the skin was sealed with fingertips 

to inflate the lungs and re-establish negative thoracic cavity pressure. A hemostat was 

immediately placed on the skin, maintaining the airtight seal, and wound clips (Reflex 9mm 

wound clips, Harvard Apparatus) were used to close the wound.  

Finally, the access port was placed subcutaneously between the shoulder blades of the rat (Figure 

7-6). The animal was carefully moved to the prone position, and draped. The vascular access 

button had been placed on the end of the catheter. The catheter was blocked with a hemostat at 

the exit site to maintain an air seal, and then trimmed so that 5cm of catheter exited the dorsal 

site. The vascular access button was then re-attached and inserted into the subcutaneous pocket, 

ensuring that the catheter does not kink, but takes gradual curves to allow slack for movement. 

The felt was secured to the underlying fascia using at least two interrupted sutures (Ethicon J310) 

taking care not to go through the catheter.  The skin was then closed with four to five interrupted 

sutures (Ethicon J310). 
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Figure 7-6: Subcutaneous placement of vascular access button. 

Finally, the isoflurane was turned off and the animal was ventilated with 100% oxygen on a 

heated pad until it started breathing on its own. The intubation catheter was then removed.  3ml of 

warm saline was administered subcutaneously and buprenorphine (0.05mg/kg in 50たl 

intraperitoneally) was given every twelve hours for three days post-operatively.  

7.3.6 In vivo refills 

Animals were refilled with 122ul of cell suspension at a concentration of 2 x 107 cells/ml of 

complete media injected through the port of each animal with a 200ul microsyringe and a PNP-

3M injector (dead volume was calculated as 72ul for a total of 50ul or 106 cells reaching the gel).  

7.3.7 In vivo bioluminescence measurements 

Animals were imaged on day of surgery (day 1), and at day 2,4,5,6,8,10. On day 4 the 

experimental group was refilled. They were imaged two hours before refill and four hours after 

refill. Animals were anesthetized with 3% isoflurane in oxygen. 122ul of D-luciferin (XenoLight 

D-Luciferin Potassium Salt, Perkin Elmer) at 15mg/ml complete media was injected through the 

port of each animal with a 200ul microsyringe and a PNP 3M injector (dead volume was 

calculated as 72ul for a total of 50ul of luciferin reaching the gel). An IVIS Spectrum Xenogen 

5000 (In Vivo Imaging System, Perkin Elmer) was used for imaging. Animals were maintained 

under anesthesia with 3% isoflurane delivered through a nose-cone during imaging. A sequence 
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was acquired with the following settings; luminescent automatic exposure with a target count of 

3,000 and a field-of-view set to C. (automatic exposure preference range values were set to the 

following; exposure time: 0.5-170 seconds, binning: 1-8, F-stop:1, field-of-view C, no delay 

between images). Sequence was ended once the signal was seen to drop. The automatic circular 

region of interest tool was used to calculate the total flux per gel (photons/sec).  

7.3.8 Comparison of intraperitoneal and direct injection of D-luciferin 

Three animals from the non-refill group were imaged on day two after surgery by injecting 50ul 

of luciferin through the port, and imaging as described in section 7.3.6. After three hours, the 

same three animals were injected intra-peritoneally with luciferin at a dose of 100mg/kg (at a 

concentration of 15mg/ml). The imaging was repeated, changing the delay between images of 

three minutes. Imaging was continued until a drop in the signal was observed (up to 47 minutes).  

7.4 Results 

7.4.1 Realization of a refillable biomaterial animal model 

A rat model of the thericardium system was shown in Figure 7-1. A gelMA cryogel acts as a 

biomaterial reservoir for cells on the heart. Cells are pre-seeded on this material, which is sutured 

to the epicardium. A 3Fr (1mm outer diameter) catheter is also attached to the heart, so that its 

exit point leads onto the biomaterial reservoir. The opposite end of the catheter is attached to a 

subcutaneous port that allows multiple replenishments of cells or small molecules. 

7.4.1 Demonstration of ability to refill cell therapy  

Cell replenishment is possible with this system, and results in a greater number of cells at the site. 

Figure 7-7a shows the bioluminescence for a control and experimental group (n=5) when the 

experimental group was refilled at day 4. If the area under the curve for each group is calculated 

after background subtraction (Fig 7-7b,c) there is a significant difference (p<0.05) between the 

“dose” of the control group compared to that of the refill group.  
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Figure 7-7: (A) Bioluminescence for control and refill group from day 1 (day of surgery) to day 10. Data are 

mean±SD (n=5). A visual representation of the area under the curve for (B) the control group and (C) the refill 

group when background is subtracted. (D) A comparison of the area under the curve for the control and refill 

group. Data are mean +SD. *p<0.05 by T-test. 

Figure 7-8 shows a representative bioluminescent image for each group at each imaging time 

point. At day four there is a notable difference in the bioluminescence before and after refill for 

the experimental group.  
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Figure 7-8: A representative bioluminescence image and quantification of the control and experimental groups 

at each imaging time point.  

7.4.2 Demonstration of localized, rapid small molecule delivery. 

The imaging substrate D-luciferin was used to demonstrate the rapid localized delivery of small 

molecules to the heart. Figure 7-9a shows that direct injection produces a rapid, more intense 
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bioluminescence even with 50-fold less dose of drug. The effect is an immediate, localized dose 

to the heart. This is in comparison to an intraperitoneal injection that diffuses into the 

bloodstream and circulates over time. A comparison image of direct and intraperitoneal injection 

shows the intensity difference between the same animal treated in different ways.  In Figure 7-7b 

the area under the curve is calculated, and normalized by the amount of luciferin there is a 

significant difference between the dose of the small molecule delivered with the thericardium 

system to the intraperitoneal delivery. 

 

Figure 7-9: (A) Bioluminescence for direct and intraperitoneal delivery of substrate, data are mean ± SD, the 

image on the right shows the same animal on the same day when luciferin is injected with the thericardium 

system and by an intraperitoneal injection.  (B) Area under the curve normalized by amount of luciferin. The 

direct injection shows that a much larger amount of small molecule per mg of administered dose reaches the 

target site. Data are mean + SD (n=3). ***p<0.001, t-test.  
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7.5 Discussion and Conclusion 

Advanced delivery strategies are of the utmost importance in fully realizing regenerative 

therapies for the treatment for acute myocardial infarct or ischemic cardiomyopathy. Simple 

delivery of cells, growth factors or drugs has shown promise, especially pre-clinically. However, 

clinical translation remains elusive. Physiological and pathological processes in the heart are 

inherently complex, and consequently more sophisticated therapeutic strategies that fully utilize 

advanced delivery techniques may be required to enable clinical translation. The preclinical 

evidence suggests an ideal therapeutic might utilize a strategy with minimally invasive catheter 

delivery or refilling of a biomaterial carrier vehicle. The implanted biomaterial bolus should 

ideally contain a payload consisting of cells or facilitating a controlled release of bioactive 

molecules that exert therapeutic efficacy on local tissue for sustained periods, or bioactive 

molecules free-loaded into the biomaterial matrix. The formulation should seek to maximize 

myocardial retention and uptake. 

In this chapter, I present a delivery system that allows targeted, replenishable and sustained 

presentation of cellular therapy to the heart. A biomaterial-based reservoir (gelatin cryogel) 

initially seeded with 1 million luciferase expressing mouse mesenchymal stem cells, was attached 

to the epicardial surface of the infarcted rat heart. An implantable catheter was used as a conduit 

between this reservoir and a subcutaneous port located between the shoulder blades of the rat. 

The biomaterial reservoir could be refilled with cells through the port at defined time points, 

increasing the resident cell number 10-fold.  Although just one refill was conducted here, the 

possibility for multiple refills and replenishments with similar or difference therapies exists. 

Furthermore, attaching the subcutaneous port to an infusion pump or drip enables a sustained 

infusion. The ability of the system to allow targeted injection of molecular therapies directly to 

the biomaterial reservoir in contact with the heart was demonstrated via delivery of the imaging 

substrate D-Luciferin through the subcutaneous port. A rapid, intense localized dose of small 
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molecule was observed. The localized nature can help to improve efficiency of the drug and 

reduce off-target adverse effects. Improvements in retention of this dose are possible by 

surrounding the reservoir with a pocket containing a rate-limiting membrane (described in 

Chapter Eight) to allow sustained release. 

I used methacrylated gelatin for this study. Gelatin, derived from collagen, contains inherent 

peptide sequences that facilitate cell adhesion and enzymatic degradation. Due to its low cost, 

lack of immunogenicity, and previous use in medicine as a hemostatic agent and blood volume 

expander it is an attractive implantable biomaterial. However, this platform can be extended to 

other biomaterials such as those mentioned in the previous chapters.    

In a broader sense, beyond this specific example, intrapericardial drug delivery can be 

advantageous. The pericardium is a fluid filled sac that forms a natural barrier surrounding the 

heart. Targeting drugs directly to the heart by delivering to the pericardial space may be a 

favorable strategy to obtain higher drug efficiencies, while lessening the side effects.  Oral 

formulations are the most common and patient acceptable method of drug delivery however they 

have many inherent limitations including incomplete absorption through the gastrointestinal 

mucosa and poor bioavailability.  IV administration overcomes these issues by bypassing 

absorption and first pass metabolism, however in both these formulations inter-patient 

pharmacokinetic variability can cause extensive deviations in the amount of drug that reaches the 

desired molecular target causing therapeutic effect and the amount of drug that reaches off target 

sites causing side effects. This is a particular problem for drugs with a narrow therapeutic index 

where a small increase could cause toxic side effects and a small decrease could eliminate any 

clinical benefit. Localized delivery confers the advantages of greater control, decreased 

variability of clinical response, lower necessary therapeutic doses and offers unique opportunities 

to use bioagents with a short half-life or that are biological incompatible with the GI tract and 

blood stream (cells, paracrine factors). Localized delivery to this fluid has long been recognized 
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as an ideal route for small molecule medicine however easy reproducible access is a major 

limiting factor. The efficacy of intrapericardial (IPC) drug delivery to the heart has been studied 

for angiogenic substances187 and vasodilators 188 as well as rhythm management drugs (anti-

arrhythmics, arrhythmic agents189,190). Hermans et al 191 used a chronic administration animal 

model to show pharmacokinetic advantages for several studies in the rat with IPC infusion. Van 

Brakel at al, in the same group showed that this technique improved the efficacy of く-blockers 

sotalol and atenolol compared to IV administration 192. The high efficiency of this route shows 

that targeted delivery to the heart may improve drug efficacy and reduce unwanted side effects. 

This concept will be elaborated on in the following chapter also. 

Beyond using the system for cell therapy and small molecules, it can be applied to growth factors 

and proteins. Among the different therapeutic agents aimed to regenerate the damaged heart 

tissue after an ischemic disease, peptides and proteins represent a well-consolidated acellular 

resource. The increased accessibility to these biopharmaceutical drugs and the advances in 

chemical modifications to enhance protein half-life in vivo and minimize immunogenicity193 offer 

a broad range of new therapeutic modalities. Modified peptides and proteins can enable cardiac 

repair through activation of endogenous cardiac progenitor cells present at the injury site, the 

induction of cardiomyocyte proliferation and the recruitment of progenitor cells to damaged 

myocardium or of functional cells able to trigger neovascularization. Studies with vascular 

endothelial growth factor (VEGF) 194, stromal cell derived factor (SDF-1) 195,196 hepatocyte 

growth factor (HGF) 197 and nueregulin (NRG-1) 198 and insulin-like growth factor (IGF-1) 199. 

Taking IGF as an example, its key role in cardiomyocyte homeostasis suggests a strong 

therapeutic potential. However, higher dose regimens have been associated with side effects such 

as hypotension and tachycardia. As proposed by O´Sullivan et al., a single local administration of 

low-dose IGF-I at 2 hours into reperfusion may provide a pro-survival activity while avoiding 

significant side effects. In a porcine model of acute MI, the authors showed a reduced 
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cardiomyocyte death at 24 hours after IGF-I injection, which translated into structural and 

functional benefits in the regional and global myocardium 2 months after treatment 200.  This type 

of therapy may benefit from the localized delivery enabled by the present system. The 

encapsulation of proteins in carrier gels provides a controlled release and enhances retention in 

the target area. In a rabbit model of MI, Fujita et al. showed efficient angiogenesis and collateral 

flow induced by FGF-2 loaded in photocrosslinkable chitosan hydrogels. Notably, the chitosan 

hydrogel allowed an extended delivery of FGF-2 for a period longer than 1 month 201. Using the 

current system in this scenario would allow initial encapsulation of the proteins and additional 

refills over time to provide sustained therapy. 

The system may also have additional utility as an enhanced imaging method for bioluminescent 

cells implanted in the heart. The direct injection of d-luciferin, much less substrate is required 

(50-fold in this case), and the duration of time the animal is under anesthesia is greatly reduced.  

The animal is under anesthetic for much less time (5 vs 50 minutes), which is safer for the animal. 

The system provides a platform for delivery to other diseased tissues for other therapeutic 

regimens with a narrow therapeutic index. Biosensors could also be injected and retrieved locally 

to monitor biomarkers indicative of disease. If a rate-limiting membrane surrounds the reservoir, 

microneedle technology may be used to allow direct injection into tissue. The potential of the 

system for directed localized delivery is vast. I can draw four conclusions from this study; (i) 

implantation of a cell-laden biomaterial reservoir on the heart with a conduit connecting the 

reservoir to a subcutaneous access port is possible, (ii) this system enables non-invasive 

replenishment of cells to the biomaterial reservoir and improves cell number at the site, (iii) the 

technology also allows rapid, localized delivery of small molecules directly to the site without 

going through the bloodstream and (iv) once implanted, the system represents a rapid, 

inexpensive and safe animal model for bioluminescent quantification of cell number by direct 

administration of imaging substrate. 
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8 Combination mechanical and biological therapy 

8.1 The case for combining mechanical and biological therapy 

A recent study has shown that ventricular reloading can induce cardiomyocyte proliferation. They 

hypothesized that an increase in mitochondrial content in response to mechanical load causes 

activation of DNA damage response (DDR) and permanent cell cycle arrest of cardiomyocytes. 

This impairs the ability of the heart to regenerate. The group showed that post-LVAD hearts 

(after “unloading” of the ventricle) showed a decrease in mitochondrial content and 

cardiomyocyte size compared with pre-LVAD hearts41. If this is the case, the administration of 

regenerative therapy while the heart is being unloaded should have a better chance of success 

compared to administration to a heart that is trying to compensate for a volume or pressure 

overload.  As such, there are numerous ongoing trials combining cell therapy with traditional 

mechanical assist devices. A multimodal combination of cells with mechanical assist devices 

(passive or active) represents a particularly attractive therapeutic strategy. This approach confers 

the potential for mechanical devices to act on co-delivered cells, as well as exert efficacy to the 

heart. Co-delivery in a biomaterial carrier can ensure that cells are kept in close proximity to the 

mechanical device for the duration of therapy to enhance synergistic interaction.      

In an interesting acellular hybrid therapy approach Kubota et al. employed an atelocollagen 

sheet/polyglycolic acid ventricular restraint device (VRD) alone, small molecule PGI2 agonist 

ONO1301 on an atelocollagen sheet alone, or a multimodal ONO1301-doped VRD in a canine 

model of myocardial infarction. At 8-weeks post infarction hearts treated with the multimodal 

VRD demonstrated greatest increase in LVEF, greatest reduction in left ventricular wall stress 

and ventricular remodeling. All hearts treated with ONO1301 (either alone or in combination 

with VRD) demonstrated an increase in myocardial vascularization and upregulation of HGF, 

VEGF and SDF-1 in the myocardium 67. In a similar hybrid approach with cells, Shafy et al. 

showed that the combination of adipose-derived stem cells (injected into the infarct and seeded in 
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a collagen matrix) with a polyester Corcap VRD device resulted in significant improvements in 

ejection fraction, systolic and diastolic function in a sheep infarct model 68. This semi-degradable 

ventricular bioprosthesis approach is an example of biomaterial-mediated cell therapy combined 

with a constraint device. The CELLWAVE study addressed delivery of BM-MSCs combined 

with a pretreatment of low energy cardiac shockwave to improve honing of cells and expression 

of SDF-1 and VEGF. The combination of shock wave with cells resulted in an increase in 

ejection fraction of 3.2% 69. Chachques et al. have bioengineered nanobiomaterials with 

elastomeric membranes to acquire a controlled drug release patch to which they can tailor for 

local cell attraction and cell differentiation 70. A phase 1 clinical trial began in August 2009 to test 

a patch called Anginera™ containing cells secreting factors to stimulate growth of other cells by 

paracrine signaling. The study groups consist of coronary artery bypass graft (CABG) patients 

and end-stage heart failure patients with an LVAD device. 

In the past few years, the idea of combining mechanical support and cellular therapy 

synergistically has emerged as a realistic alternative to heart transplantation. This is the subject of 

an abundance of research studies59,71,72. This contemporary holistic, hybrid approach for end-stage 

ischemic heart failure may address the issue of scarce donor hearts for transplantation. The 

success on combining the therapies relies on refining them individually and maximizing their 

possible combinatorial efficacy. 

8.2 Preliminary steps I have taken toward future work on combination therapy 

I am interested in combining therapy delivery with direct cardiac compression and have taken a 

number of preliminary steps towards this goal.  A vision for this combination is detailed in Figure 

8-1 below.  
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Figure 8-1: A) Biomaterial liner casting that will fit inside the mechanical assist device B) A sleeve with 

replenishable reservoirs connected by internal conduits at the heart/mechanical device interface. C) The 

combination device on the heart with a replenishment line/port accessible non-invasively. D) The therapy allows 

multiple non-invasive replenishments along with mechanical assistance. 

In this configuration there is a layer at the heart/device interface through which therapy can be 

delivered. This interface layer can be molded out of a biomaterial (as shown in Figure 8-1a) or 

can be thermally formed (as described in subsequent sections). A number of inbuilt conduits and 

reservoirs attached to a subcutaneous or external port allow delivery of therapy to this interface 

(Figure 8-1b). This allows replenishment of therapy in a minimally invasive fashion (Figure 8-

1c,d).  

To work towards achieving this vision, I started by developing a bioreactor to determine the 

effect of cyclical actuation (similar to that provided by the DCC device) on cells and biomaterials. 

This is described in Section 8.2.1 below, and preliminary results area described in Section 8.2.2.   

Then, in Section 8.2.3, I developed a manufacturing process for a larger scale version of the 

thericardium described in the last section. The proposed solution consists of a sleeve that could be 

used with the DCC device that had multiple reservoirs and connecting channels, and multiple 

catheters that could be refilled minimally invasively. In Section 8.2.4 I describe experiments 

using the DCC device as a bioreactor, and examining cell migration through a rate-limiting 
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membrane from the thericardium reservoirs, and the measurement of the growth factor profile 

released from cells that are dynamically actuated compared to static cells. In Section 8.2.5, I 

describe in vivo use of this scaled-up thericardium in a porcine model where dye or x-ray contrast 

was used to represent therapy being delivered to the heart. Finally, in Section 8.2.6, I describe a 

preliminary in vivo study where the thericardium and the DCC are used in combination in a 

porcine model.  

8.2.1 A bioreactor for examining effect of cyclical actuation on cells and biomaterials 

To understand how transplanted cells in biomaterial reservoirs may respond to cyclical actuation 

from a direct cardiac compression device, we developed a bioreactor that could be used to 

examine this effect in vitro. We constructed a control system in a sealed chamber that could be 

placed in the incubator in order to provide cyclical pneumatic actuation to a dynamic bioreactor. 

The control system consisted of four solenoid valves (VQ110U-5M, SMC Inc.), a microcontroller 

(AA-021205 Arduino Mega, Arduino) and a miniaturized diaphragm pump (D737-23-01 Parker). 

We made a simplified bioreactor by taking sections of latex tube and placing a small pneumatic 

actuator (manufactured as described in Chapter Four) around the tube. At the tube/actuator 

interface we placed a porous pocket into which a cell-laden biomaterial could be placed. The 

actuators were connected to the valve outlets in the control system and each tube/actuator 

assembly was placed in a 6-well plate. Media (DMEM, Sigma) was filled into each well plate. 

The entire assembly was placed in the incubator and cultured for 72 hours. A static group was 

compared to a dynamic group (actuated at 1 Hz for 72 hours) for a GelMA and an injectable 

alginate biomaterial (manufactured as previously described and seeded/encapsulated with 1 x 106 

mouse mesenchymal stem cells).  The pockets were made from 2 layers of thermoplastic urethane 

(HTM6001, 0.006inch thick, American Polyfilm, Inc.), which was laser cut to have 500um pores, 

spaced by 1mm in each direction. The two layers were sealed using a heat sealer and employing 
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Teflon tape (Saint Gobain Inc.) to selectively mask an area with a 2cm opening on one side of the 

pocket for biomaterial insertion and media perfusion. 

 

Figure 8-2: Bioreactor designed to sequentially actuate cell-laden biomaterials in reservoirs as a scaled-down 

simulator of a larger cardiac compression device containing inbuilt biomaterial reservoirs. 

8.2.2 Results of bioreactor experiments 

Preliminary results showed that cell viability (measured by live/dead staining at 72 hours) could 

be improved with dynamic actuation compared to static culture in the alginate group, but not in 

the GelMA group (Figure 8-3a,b,d). The gelMA gel withstood the actuation (Figure 8-3c) and 

maintained its porous structure when imaged by scanning electron microscopy (SEM).  
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Figure 8-3: Results of testing with dynamic bioreactor. A) Cell viability in alginate and gelMA gels. B) Image of 

live/dead stain of a representative static and dynamic alginate sample. C) Gelatin cryogel after dynamic 

actuation. D) Image of live/dead stain of a representative static and dynamic gelMA sample. 

8.2.3 Scaling up of thericardium for combination with DCC device 

Next, I wanted to scale up the idea of the thericardium from Chapter Seven so that it could be 

used in combination with the existing DCC device from Chapter 4. To realize this, we developed 

a manufacturing process to form reservoirs for biomaterials that were connected by channels 

using thermoplastic urethane, heat forming and heat sealing. The process is described in Figure 8-

4. First, a sheet of thermoplastic urethane (HTM6001, 0.006inch thick, American Polyfim, Inc.) is 

thermally formed (ezform SY 1917, Centroform) over a 3-D printed mold (Objet Connex 500) so 

that reservoirs and channels are imprinted into it. The geometry of the reservoirs and channels can 

be modified depending on therapy. The flat pattern was laser cut (Versa Laser) to match the DCC 

device. Then, a second porous sheet of thermoplastic urethane (HTM 8001-M polyether film 

0.003inch thick, Advanced Polymers, Inc.) is heat sealed to the first layer (Heat transfer machined 

QXAi, Powerpress), after placing lyophilized biomaterials in the reservoirs. This forms the rate-

limiting layer, and laser cutting small pores (Versalaser) can tune the porosity of this layer. The 

entire layer is placed under UV light for decontamination, and the gels can then be rehydrated and 

seeded simultaneously with cell suspension by injecting through the formed channels 
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Figure 8-4:  A) Thermal forming of thermoplastic urethane. B) Heat sealing of porous layer to formed layer 

containing biomaterials in reservoirs. 

Realization of prototypes is shown in Figure 8-5.   

 

Figure 8-5: Scaled-up thericardium. Design A) Teflon is used to selectively separate layers for reservoirs to 

make a flatter structure - tubing is incorporated between the two layers to ensure channel patency. B) 

Thericardium on an explanted heart. C), D) Alternative designs using the manufacturing process previously 

described. 

A design feature of this prototype is that reservoirs can be selectively or globally refilled. This is 

shown in Figure 8-6. Dye is used to indicate different liquids being delivered to various reservoirs 

in the structure, enabling targeted or selective replenishment. 
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Figure 8-6: Demonstration of targeted replenishment on an explanted heart. A) Thericardium on heart. B) A 

different liquid is delivered to various regions of the thericardium (visualized here with dye), enabling targeted 

therapy.  

8.2.4 Using DCC device with thericardium as a bioreactor  

As the thericardium was now scaled up to the size of the DCC device, it enabled the use of the 

device as a bioreactor.  We constructed a double layered reservoir using the fabrication process 

previously described with an additional non-porous layer sealed on top. Each reservoir was 

separated by a 0.003inch thermoplastic urethane layer (with 500um laser-cut holes spaced 1mm 

apart in each direction). The assembly is shown in Figure 8-7 a,b. On one side of this membrane 

we placed squares of Gelfoam absorbable sponge (SKU: 925-4118, Ace Surgical Supply Co.) to 

act as a tissue simulant and allow assessment of migration through the porous membrane. On the 

other side we placed a GelMA cryogel as previously described. The GelMA was seeded with 1 x 

106 cells (mouse mesenchymal stem cells) in 1ml of media (Fig 8-7c), and the structure was 

placed around a silicone heart model underneath the DCC device. The assembly was placed in the 

incubator (Fig 8-7d) and the airlines were directed out a sealed rubber bung in the back of the 

incubator for attachment to the pneumatic control box. Media was refilled in the pockets every 

day. The rig was actuated at 1 Hz (with 200ms actuation period of the actuators at 10psi) for 72 

hours. 
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Figure 8-7: A) and B) Describe the assembly of a thericardium layer allowing for assessment of migration onto a 

tissue simulant (gelfoam). C) Seeding of cells on to GelMA in the reservoirs. D) Assembly in the incubator where 

the DCC is acting as a dynamic bioreactor for the cells in the thericardium reservoirs.  

Some interesting preliminary results were obtained from the experiment, and are shown in Figure 

8-8. Cell migration across the porous membrane, as measured by live-dead staining of the 

Gelfoam tissue simulant increased with dynamic actuation. Also, the vascular endothelial growth 

factor (VEGF) released from the dynamically actuated cells (Mouse VEGF Quantikine ELISA 

Kit, R&D Systems) was higher than the concentration for the static condition. This preliminary 

result is interesting, and in a broader sense, the change in the growth factor release profile due to 

mechanical actuation is an area of interest for ongoing research.  
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Figure 8-8: A) Migration of cells across a porous membrane improves with dynamic actuation. B) VEGF 

concentration is higher with dynamic actuation. 

8.2.5 In vivo testing with scaled up thericardium 

The thericardium was tested for functionality in a Yorkshire swine model (n=3, 60-70kg female 

swine). The device was placed around the heart and dye was used to visualize filling of the 

channels. Contrast was added to the dye, and the procedure was repeated under fluoroscopy to 

show x-ray filling of the reservoirs. Figure 8-9A shows refilling of the thericardium via direct 

injection (red dye for visualization). Figure 8-9b shows refilling using a microcatheter that is 

tracked through the conduits to the reservoir to fill one isolated reservoir (blue dye for 

visualization of filling). The inset of Figures 8-9a and b show refilling under X-ray.  Additionally 

a fluorescently tagged suspension of alginate beads (50um beads tagged with alexafluor -750) 

was delivered through the thericardium, and the heart was imaged using the IVIS Xenogen 5000 

to assess for fluorescence on the tissue (Figure 8-9c).  A layer of “tough gel” 73 was manufactured 

and placed at the heart/device interface to act as a secondary material reservoir, with the intent of 

reducing friction between the heart and device once the DCC device was placed over it and 

actuated (Figure 8-9d).  Finally a device with incorporated gelfoam was used to explore sustained 

delivery of drug (in this case epinephrine) to the epicardium of the heart (Figure 8-9 e and f). 

Preliminary in vivo testing showed that the device conformed to the heart well, and could be 

easily attached. Replenishment of the reservoirs with direct injection or catheter injection was 

possible, and post-trial imaging showed that the therapy was delivered to the myocardium. 
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Figure 8-9: In vivo testing of the thericardium.  (A) Refilling of thericardium reservoirs on the heart by direct 

injection, inset shows refilling with contrast under x-ray. (B) Refilling of a single reservoir with a catheter, inset 

shows refilling with contrast under x-ray. (C) Post-explant IVIS imaging of fluorescently tagged alginate beads 

delivered to the myocardium through the thericardium. (D) Tough gel on the heart to act as a heart/device 

interface, and to help reduce friction on subsequent placement of the DCC device. (E,F) Delivery of epinephrine 

through the thericardium (with incorporated gelfoam).  

8.2.6 In vivo testing with DCC and thericardium 

Finally, in a preliminary feasibility study the thericardium and the DCC device were combined on 

a live porcine model (Yorkshire swine, 60kg) to evaluate refilling of therapy during active 

assistance. Refilling was possible, and could be visualized under x-ray with use of contrast 

(Figure 8-10).  

 

Figure 8-10: Combination of thericardium and DCC. (A,B) Combination device on porcine heart. (C,D) 

Fluoroscopy showing the therapeutic reservoirs filled with contrast, and therapy exiting reservoir (D). 
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8.3 Vision for translation 

The combined therapy is in the early stages, and future work will include refinement of both 

therapies, and evaluation of the combinatorial efficacy. The vision for translation of this 

combined therapy is two-fold – the thericardium technology can be used to deliver biological 

therapy with active assist, or while it is acting as an adjustable passive restraint device. Figure 8-

11 describes the two scenarios. In scenario A) a patient receives the thericardium with DCC. Both 

devices are placed on the heart via a sternotomy. The therapy is refilled through a subcutaneous 

port. In scenario B) a patient is treated with the thericardium alone, and so received biological 

therapy in combination with the mechanical advantage of passive restraint from the thericardium. 

The device is delivered through a mini-thoracotomy. Refill of therapy and adjustment of 

quantitative restraint are enabled by injecting fluid through the subcutaneous port. A pressure 

sensor will enable real-time readout of how much passive restraint is being provided. 

 

Figure 8-11: (A) Active assist and therapy delivery; implantation via a sternotomy or thoracotomy, and 

replenishment through subcutaneous port. (B) Passive restraint and cell therapy. Implantation of thericardium 

via a mini-thoracotomy and replenishment or adjustment of passive restraint via a subcutaneous port. 
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9 Discussion and Conclusion 

Heart disease represents an enormous source of morbidity and mortality on a global scale. 

Diseases such as MI and CHF are the leading cause of death in developed countries, and pose a 

significant healthcare burden3. The American Heart Association reports that 635,000 Americans 

have a new myocardial infarction each year and that the number of deaths attributable to heart 

failure in the US in 2009 was 275,0005. Current therapies for the treatment of MI and CHF 

include pharmacological intervention, surgical procedures such as ventricular resection, coronary 

artery bypass or mechanical aids such as left ventricular assist devices. Such approaches serve to 

restore function or limit disease progression to some degree, but are not always effective long-

term 218. Reperfusion of the problem artery (with coronary angioplasty and/or stent placement) 

can have a great effect on limiting infarct size and increasing patient survival 111. This technique 

can also limit ventricular remodeling. However, myocardial necrosis often begins before 

reperfusion can be accomplished292. Post infarction remodeling and the progression to heart 

failure remains a challenge in the treatment of cardiovascular disease. The most effective 

treatment for end-stage CHF is heart transplantation, which is limited by availability of heart 

donors and also requires a highly invasive and complex surgical procedure 2,218.  In this thesis, I 

discuss two strategies for cardiac repair – mechanical and biological.  

9.1 Direct cardiac compression devices – where they are now 

Blood contacting devices like ventricular assist devices (VADs) and total artificial hearts are a 

viable treatment option, but can cause thromboembolism and increased risk of stroke44. To 

address this shortcoming a number of extra-cardiac devices, both passive and active have been 

developed29,30,48,293. Active systolic assist or direct mechanical ventricular assist (DMVA) is a 

non-blood contacting method of cardiac assistance involving implantation of a device that 

surrounds the heart and contracts in phase with the native heartbeat to provide direct mechanical 

assistance during the ejection phase (systole) of the cardiac cycle without contacting blood. 
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Anstadt et al. first proposed DMVA in 1965 with a cup-shaped device designed for resuscitation 

of a totally arrested heart. Several others have been developed since29,30,293, notably the 

CardioSupport System (Cardiotechnologies) and the HeartBooster (Abiomed Inc)29 but none have 

yet received FDA approval.  

9.1.1.1 Comparison of current device with others 

To give some context of where the DCC device described in Chapter Four fits in the context of 

other devices (conventional LVADs and other compression devices in research or the clinic), I 

compared available information to the current device in terms of weight, typical power 

consumption and typical output (Figure 9-1a-c). The current device is favorable in terms of 

weight compared to other devices (Figure 9-1a). In terms of power, the device is equivalent to 

others. Power consumption for the current device was calculated based on that of the regulator 

(4W) and sixteen solenoid valves (0.4W each). These off-the-shelf components have not been 

optimized for power consumption, and this could be reduced. In terms of cardiac output, the 

device is in the lower range of other devices, and could be improved.   

 

Figure 9-1: A) Weight B) Power consumption and C) Typical output (L/min) of the current device compared to 

other devices in research or the clinic 

9.1.1.2 Lessons from design improvements from other direct cardiac compression devices 

The focus areas for the next stages of design will be on optimal fixation, timing and advancement 

towards clinical readiness by material optimization and control and power miniaturization. If we 

look to design improvements of other direct cardiac compression devices we can learn guiding 
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lessons about reduction in stress concentration, prevention of delamination, and fixation (Figure 

9-2).  These changes will help us to focus future engineering efforts on device optimization. 

                

Figure 9-2: Documented design improvements for current devices 

9.2 Cell therapy – where the field is now 

The spectrum of ischemic cardiomyopathy, encompassing acute myocardial infarction to 

congestive heart failure is a significant clinical issue in the modern era. This group of diseases is 

an enormous source of morbidity and mortality and underlies significant healthcare costs 

worldwide. Cardiac regenerative therapy, whereby pro-regenerative cells, drugs or growth factors 
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are administered to damaged and ischemic myocardium has demonstrated significant potential, 

especially pre-clinically. While some of these strategies have demonstrated a measure of success 

in clinical trials, tangible clinical translation has been slow. To date, the majority of clinical 

studies and a significant number of preclinical studies have utilized relatively simple delivery 

methods for regenerative therapeutics, such as simple systemic administration or local injection in 

saline carrier vehicles.   

9.2.1 Future advancements in biological therapy 

Cell delivery and additional cell-free approaches share a common goal of enabling cardiac 

regeneration, and attenuation or prevention of negative compensatory remodeling (limiting infarct 

size, reducing or preventing infarct expansion and reducing ventricular wall stress). These 

approaches have shown promise in addressing shortcomings in conventional cardioprotective and 

cardiorestorative treatments for MI and CHF, respectively. However, clinical translation of 

regenerative therapeutics has been slow to date. Clinical translation needs to be the key 

consideration for cell therapy. The optimal timing for cell administration and the effect of the 

extracellular matrix must be fully understood. Studies are ongoing to elucidate the mechanical 

changes in the infarct and mechanism by which the extracellular environment of the infarcted 

area regulates the therapeutic potential stem cells. In a recent study researchers isolated and 

characterized diseased matrix to understand the effect of changes in infarct stiffness over time on 

stem cell therapy 304. Another factor for consideration is the optimal endpoints for clinical trials. 

Many have used ejection fraction as a metric of functional benefits, but whether this translates 

into clinical benefits is not fully implicit and often doesn’t correlate with other functional 

parameters such as end systolic volume. A metric of physical performance, such as the 6 minute 

walk test has been included in recent trials, which makes sense, as the ultimate goal of such 

regenerative therapy is to restore the patient’s exercise tolerance and overall lifestyle to the pre-

disease condition. Furthermore, the timing of this type of functional testing is important, and in 
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order to evaluate the contribution of regeneration, a 6 minute walk test at 12 months should be 

employed to draw meaningful conclusions. 

Regenerative therapy for ischemic cardiomyopathy is an extremely active area of research and a 

variety of potential treatment strategies have emerged over recent decades. Cell therapy has 

arguably progressed furthest towards clinical translation, as evidenced by a significant number of 

clinical trials, but is still hampered by poor and unpredictable efficacy when implemented in large 

patient cohorts. Indeed, translation of the positive results achievable in preclinical models has 

been largely slow and unsatisfactory for all avenues of myocardial regenerative therapy. Here I 

suggest a selection of therapeutic approaches with a particular focus on advanced delivery 

strategies as a method to enhance efficacy, reduce deleterious effects and aid clinical translation. 

These concepts are summarized below. 

1. Localised therapy in biomaterials - this encompasses the local delivery of therapeutic 

agents in biomaterial carrier vehicles as opposed to simple systemic delivery. This is of 

particular importance for cellular payloads where a biomaterial can act to mimic the 

natural ECM, to enhance survival and provide biological cues for cellular behaviour and 

fate. In addition, the localised delivery of small molecules or growth factors within a 

biomaterial matrix permits for sustained release over extended periods to enhance 

efficacy in target tissues.    

2. Minimally invasive delivery approaches – percutaneous or implantable catheter systems 

can be utilised to locally deliver therapeutic agents to the heart in a minimally invasive 

manner, reducing surgical time and cost, and allowing multiple administrations of 

therapy.        

3. Multimodal approaches – the concurrent delivery of more than one therapeutic can 

achieve synergistic efficacy. Release of therapeutics from either an implantable 

biomaterial or nanoparticle system can also be tailored to mimic a biological cascade. For 
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example, sequential release of two or more agents can be utilised to target early and late 

stage efficacy in a physiological process such as angiogenesis 305.    The combination of 

biological and mechanical therapy is a future direction for this work, and could combine 

the acute and longer-term benefits of both independent strategies. This will be discussed 

in detail with preliminary work towards this goal. 

9.3 Limitations of my work 

In this section I describe limitation of my work from each of the chapters. 

9.3.1 Limitations of the work on a bioinspired soft actuated material 

Here, I describe a method to replicate ventricular twist using soft robotic techniques. However, 

the squeezing motion of the heart was not replicated.  The model therefore represents a simplified 

structure, and the volumetric output from the model is a lot lower than that from the left ventricle.  

Additionally, the material properties of the model are in the range of the heart tissue, but the 

matrix itself is not anisotropic as the heart muscle is.  Although the embedded actuators lend a 

degree of anisotropy to the overall structure, the bulk of the matrix is homogeneous. In this 

regard, smaller actuator bundles may better replicate the myocardial tissue.  The structural 

elements of the heart, including the valves, were not replicated in the model discussed. A 

simplified model of the left ventricle was used, but a more anatomically accurate model may be 

more useful for bench testing of cardiac devices and implants. 

I describe replication of pathological motion in this section also. Although the akinetic motion of 

a pathological heart can be replicated, there is no representation of the compensatory remodeling 

that takes place as a result of this motion. Nor is there a representation of dyskinetic or 

hyperkinetic motion that can also occur as a result of cardiac injury.  

The number of actuators used for the model was empirical. An optimization (numerically or 

experimentally) of the number of actuators may provide interesting information on how many 
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actuators are required to achieve the desired motion. More actuators would allow finer control of 

the motion (both physiological and pathological).   

Finally, the numerical modeling technique used thermal coefficients (derived from experimental 

testing of the linear contraction and radial expansion of the actuators) to apply anisotropic strain 

to the PAMs in the finite element model. A more complex model that uses fluid-structure analysis 

to apply a pressure to the internal chambers, and line elements to model the braided mesh in the 

actuators may provide a more powerful and flexible results that would not require prior 

experimental characterization of the PAMs. 

9.3.2 Limitations of the work on a soft robotic ventricular assist device 

Although the study demonstrates important proof-of-concept for this type of device, I 

acknowledge that it has a number of limitations. The data is from only four animals, as the 

primary goal of the study is to establish proof-of-concept. The studies are acute, and therefore not 

representative of the remodeling that takes place with the chronic heart failure condition. The 

control system uses wall compressed air supply for actuation and mains power, a portable air 

supply and battery would be closer to the clinical realization of the device. Fourth, the silicone 

used for device manufacturing was not approved for an implantable device, nor was the adhesive 

that was used to secure the device on the heart acutely. The adhesion of the device to the heart is 

challenging, and has been the source of some variation in extra studies that were not included in 

the data. The optimal timing of the device has still not been fully elucidated, and will be the 

subject of future work. Although in vitro testing showed that a 25ms sequential delay between 

circumferential actuators form the apex to the base resulted in greater output, this was not 

replicated in vivo. The esmolol model for acute heart failure can vary greatly from one animal to 

the next, and is not always a reproducible model of heart failure. In some cases, the heart 

fibrillates, and requires an infusion of lidocaine or defibrillation. This may be due to excessive 

manipulation or the natural propensity for porcine hearts to develop arrhythmia, but needs to be 
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investigated further. Finally the implantation of the device for these studies was done via a 

sternotomy, which is invasive. 

More generally, there are potential harmful effects of direct cardiac compression (DCC) on the 

myocardium; including myocardial injury, arrhythmias, and myocardial ischemia. With the early 

trials with the Anstadt cup, the device was used to deliver mechanical compression to dogs for 

periods of between 6 and 24 hours, there was histological evidence of non-transmural 

extravasation of blood (ecchymosis) on the endocardial (inner) surface of the right ventricle and 

pulmonary artery32,318, which resulted in a small scar when the device was used for up to 20 

months 29. Importantly, the compressions in these studies were not synchronized with the native 

heartbeat. Optimal adjustment of the synchronization of device and ventricle contraction without 

excessive compression should minimize these effects.  Arrhythmias can also be a problem, as 

mechanical force can lead to depolarization. In our trials we managed this with an infusion of 

lidocaine, which controlled the frequency of arrhythmias. Finally, ischemia in the myocardium 

has been raised as a concern for this method of ventricular assist; as if the coronaries are 

compressed the blood flow to the myocardium can be impeded. However, since coronary filling 

and perfusion of the left ventricle occurs mainly during diastole (when compression forces are 

zero) the native coronary arteries are not likely to be compromised 38. The increased arterial 

pressures with the DCC may improve perfusion of the myocardium during diastole.  Future work 

is needed to address these concerns in the context of the proposed design. 

9.3.3 Limitations of the work on comparison of biomaterials for improving cell retention in the 

infarcted heart. 

In this study, I compare retention of cells in the infarcted rat heart in a panel of different 

biomaterials. This study only looks at cell retention at twenty-four hours, and makes no 

distinction between cell retention and cell engraftment in the heart. Since numerous studies have 

shown that the majority of cells are lost within a short space of time, here I elected to study acute 
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cell retention as a primary endpoint, with the rationale that this would be predictive of longer-

term retention and efficacy. However, an investigation of which biomaterial has a sustained 

beneficial effect beyond the first day would be useful in identifying the best potential biomaterial 

candidate for cell delivery.  

 A physical, biocompatible, porous scaffold may fulfil the basic criteria for effective enhancement 

of acute cellular retention, as measured here. However, the exact relationship between biomaterial 

composition and long-term cell fate and therapeutic efficacy has not yet been fully elucidated, in 

the context of cellular cardiomyoplasty. Further work exploring material properties of each 

biomaterial in terms of stiffness, porosity and injectability is warranted. 

Xenogeneic cells were used in this study. Human mesenchymal stem cells were implanted into a 

rat heart. Therefore, this may not be completely representative of the clinical scenario, where 

most likely allogeneic or autologous cells would be used for therapies. Additionally, only one cell 

type was evaluated, and the ideal biomaterial candidate will likely vary depending on cell type 

used. Additionally, the cells were delivered (with or without biomaterials) directly after creation 

of the infarct. This is not representative of the clinic, and a second surgery to introduce the cells 

or cell-laden biomaterials after the initial infarct surgery may have been more representative. 

Finally, the study did not measure any functional cardiac output. As such, the degree of 

myocardial infarction may not have been consistent between animals, and the effect of the groups 

on functional output was not measured.  It would be interesting to assess whether there was a 

difference in cardiac output between the groups, and whether this correlated with number of 

transplanted cells, or if it correlated with biomaterial type. If a measurement system for cardiac 

output was available, a further group comparing acellular biomaterials (injectable gels and 

epicardial patches) and their effect on cardiac outputs would have been an informative addition to 

the study. 
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9.3.4 Limitations of the work on replenishable targeted therapy delivery to the heart. 

In this chapter, I describe an implantable device for allowing non-invasive replenishment of cells 

to the heart. This work was conducted in a healthy heart model to show proof-of-concept. An 

acutely or chronically infarcted heart would have been more representative of the clinical 

situation.  The study was only carried out with a methacrylated gelatin cryogel. The versatility of 

the system for use with other biomaterials was not studied, and would be interesting. 

Xenogeneic cells were used for implantation – in this case luciferase-expressing mouse 

mesenchymal stem cells were implanted into the rat heart. Preliminary histology showed 

formation of a granuloma at the area heart device interface. Ongoing work is being conducted to 

elucidate whether this reaction is from the biomaterial (by repeating the procedure with an 

acellular gel) or by the transplanted xenogeneic cells. In future work I will repeat the study with 

allogeneic cells. Again, cardiac function was not measured as part of this study. The effect of (i) 

the gel alone (ii) the gel with cells and (iii) the gel that is refilled multiple times on cardiac 

function will be studied now that functional measurement equipment has been acquired. 
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9.4 Conclusion 

 In conclusion, I have achieved the aims I laid out in Chapter One, as detailed below 

(i) To develop a bio-inspired soft robotic material that mimics the motion of the heart. 

(ii) To provide mechanical ventricular assistance to the heart from a tunable soft robotic 

ventricular assist device that encapsulates a failing heart. 

(iii) To improve cell delivery to the heart with a biomaterial 

(iv) To develop a biomaterial-based implantable device that that allows multiple 

minimally invasive replenishments with cells or bioagents and  

(v) To investigate preliminary feasibility of a combination mechanical/biological 

therapeutic strategy.   

9.4.1 Fulfillment of Aim (i) 

In Chapter Three I described the simulation, fabrication and experimental characterization of a 

soft active material concept comprising linear contractile elements completely embedded in an 

elastomeric matrix. I developed and experimentally validated a finite element based methodology 

for simulating such composite materials. I presented a case study that was inspired by the 

structure and dominant muscle layer of the myocardial architecture of the left ventricle. I 

demonstrated that by mimicking the orientation of the contractile elements in a soft elastomeric 

material in shape similar to the left ventricle, an accurate representation of apical twist could be 

achieved. Furthermore, I showed that the approach could be used to predict the effect of damage 

to a select number of contractile elements on cardiac motion by selectively disengaging a number 

of PAMs. 

9.4.2 Fulfillment of Aim (i) 

In Chapter Four, I introduced an implantable soft robotic device and demonstrate in vivo recovery 

of cardiac output from a completely arrested heart, and a failing heart. This is the first time that 

pneumatic artificial muscles and such soft robotics techniques have been used for an implantable 
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cardiac assist device, and that twisting and compression have been applied to the heart 

simultaneously and is an innovative use for soft robotics as a smart implantable device where the 

material properties of the implantable devices are within the range of the biological tissues, 

something that is not possible with rigid robotic components. I describe a soft robotic biomimetic 

cardiac assist device that does not contact blood and can (i) compress and twist the heart 

simultaneously (ii) provide univentricular or biventricular support (iii) assist with systolic 

function without restricting diastolic filling, with potential for assisting diastolic function (iv) 

provide circulatory support to the arrested heart and (v) augment cardiac function in an acute 

heart failure model. 

9.4.3 Fulfillment of Aim (iii) 

In Chapter Six I compared a panel of biomaterials for their ability to retain cells in the infarcted 

heart compared to a saline control.  I compared these materials for their effect on cell viability in  

hypoxic/ischemic conditions in vitro, and for their ability to improve cell retention in an in vivo 

myocardial infarct. I can draw four conclusions from the work on biomaterials as cell carriers; (i) 

biomaterials can protect cells and increase viability in hypoxic/ischemic conditions (ii) 

biomaterials can facilitate higher numbers of cells being retained in the myocardium after 24 

hours compared to a saline control (iii) each biomaterial utilized here produces a similar 

maintenance of cell numbers over the first 24 hours (iv) biomaterials can influence where cells 

localize in the heart. 

9.4.4 Fulfillment of Aim (iv) 

In Chapter Seven, I introduced an implantable system that enables non-invasive cellular refills to 

a biomaterial implanted on the surface of the heart. The system can also help with localized, 

efficient drug delivery, and as an improved imaging model for transplanted cell quantification. I 

draw four conclusions from this study; (i) implantation of a cell-laden biomaterial reservoir on the 

heart with a conduit connecting the reservoir to a subcutaneous access port is possible, (ii) this 
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system enables non-invasive replenishment of cells to the biomaterial reservoir and improves cell 

number at the site, (iii) the technology also allows rapid, localized delivery of small molecules 

directly to the site without going through the bloodstream and (iv) once implanted, the system 

represents a rapid, inexpensive and safe animal model for bioluminescent quantification of cell 

number by direct administration of imaging substrate. 

9.4.5 Fulfillment of Aim (v) 

Finally in Chapter Nine, I introduced preliminary work towards the combination of biological and 

mechanical therapies. (i) I developed a manufacturing process to fabricate a thericardium with 

local reservoirs containing biomaterials that are connected by inbuilt conduits (ii) I showed 

preliminary data suggesting that cyclical dynamic actuation, as produced by a dynamic bioreactor 

or a DCC device, has a positive effect on cell viability, cell migration across a porous membrane, 

and may change the growth factor release profile of cells. (iii) I conducted preliminary in vivo 

experiments with the thericardium on a pig model to show that a therapy simulant can be 

delivered by direct injection or catheter injection and can be visualized under x-ray. Finally (iv) I 

showed preliminary feasibility for combined mechanical and biological therapy on a porcine 

model, by delivering therapy under x-ray and direct vision while the DCC device was assisting a 

beating porcine heart. 
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1 Appendix 1 – Supplementary Information from Chapter Three 

1.1 Actuator Fabrication 

The plastic molds for the elastomeric components were designed as shown in Figure A1.1. The 

molds were 3D printed on an Object Connex 500 printer using Vero material (Fig. A1.1a). A 4mm 

hole was manually drilled into the cylindrical cavity through the wall of one of the side components 

of the mold for injection of pre-polymer. The mold was assembled (Fig. A1.1b and c) and PTFE tape 

was used to seal seams between mold components.  Ecoflex 00-30 (Smooth-on Inc.) was mixed and 

degassed in an ARE-250 mixer (Thinky), then molded into a tube of the following dimensions; inner 

diameter 1.6mm and outer diameter 3.5mm as detailed in the following paragraph. Uncured 

elastomer was poured into the open end of a 3cc syringe, ensuring not to introduce air. The syringe 

was connected to a female luer lock extension line (Qosina 26219) shortened to 5cm. The line was 

primed to remove air and inserted into the drilled hole (Fig A1.1c). Once the cavity had been 

completely filled, the central rod (1.6mm diameter stainless steel rod) was then slowly inserted 

through the upper central rod retainer, and into the base.   The mold was cured in a pressure chamber 

at 100psi for two hours. The elastomeric tube was de-molded and advanced to the end of central rod. 

One end of the tube was closed with Ecoflex 00-30 and cured quickly with a heat gun. The tube was 

then completely removed from the central rod and cut to 75mm length (Fig A1.1d)  A  section of 

mesh (Techflex PTN 0.13) was cut to a length of 75mm and its ends were heated with a flame and 

brass forming tool to prevent fraying at one end and to close the mesh at the other end. The mesh 

was placed over the molded tube. The open end was advanced over a length of air supply tube 

(McMaster Carr Silicone tubing 1/8 inch tubing 5236K502) until the air supply tube extended 10mm 

inside the molded tube. Nylon thread or suture material was used to secure mesh and molded tube 

onto the air supply tube. The assembly was roll-coated with a thin layer of Ecoflex excess material 
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was removed with a spatula. Finally, the assembled actuator was cured with a heat gun and left for 

two hours for full curing of the polymer 

 

Figure A 1-1: a) 3-D printed mold components  (printed on Objet Connex 500 in Vero clear, vero black and vero 

white materials) b) Mold components c)Injection of uncured elastomer  d) 75mm lengths of molded tube and mesh 
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Figure A 1-2: Dimensions of mold components  
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1.2 Actuator Characterization 

In addition to characterizing longitudinal contraction and radial expansion of the actuators, we 

measured stiffness experimentally and measured the effect of increasing pressure on actuator axial 

stiffness. The test sequence is shown in Figure A1.3a. An Instron 5566 tensile testing machine was 

used for force measurements. An actuator was clamped by each end in the tensile tester at a grip-to-

grip spacing of 50mm without blocking the air supply tube. The actuator was pressurized to a set 

value and the crosshead lowered until the force reading was zero (Fig A1.3a Step1-2). The crosshead 

was moved up to the original gauge length while measuring force (Fig S2A Step2-3). The 

force/displacement curve for the latter step was plotted for pressure increments of 0,5,10, 15 and 

20psi (Fig A1.3b). The slope of the force/displacement curve was calculated for each pressure (Fig 

A1.3b). As the values were similar for each pressure the value of force/displacement at 10psi was 

used to calculate Young’s modulus (E) for input into the finite element model (Fig A1.3d). The slope 

was 0.70N/mm, giving a value for E of 1.78MPa as detailed in Equation 1 below where ݀  is 

original gauge length (50mm),  ܣ=circular cross area for a radius of 2.5mm (final nominal diameter 

of actuator is 5mm), F= force, j= stress (N/mm2) and ܲ= strain 

ܧ =
ఙఌ =

ி బൗοௗ ௗబൗ =
ிοௗ כ ௗబబ = 0.70 כ ହగ(ଶ.ହ)మ = 1.78

ேమ =  [1]  ܽܲܯ1.78

This value was used as input for the FE model for the material properties of the actuators.  
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Figure A 1-3: a) Test set-up for measuring stiffness of actuators. Actuator is pressurized (1) then crosshead is 

lowered until force reading is zero (2). Crosshead is returned to starting point (3) while measuring force. b) Force 

displacement slopes for actuators at 0, 5, 10, 15 and 20psi. c) Slope of force/displacement curve for different 

pressures showing similar slopes for each pressure. d) Calculation of Young’s Modulus (E) from the force 

/displacement curve for 10psi.  
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1.3 Test Specimen Fabrication 

 

Multiple test specimens were fabricated as described in Figure A1.4 using a two-part mold. For 

multiple (3) actuator specimens, W=S*2+20mm (where S = spacing and 20mm is the sum of 2.5mm 

between outer actuators and edge and 5mm*3 for each actuator). Spacing (S) is expressed in terms 

of nominal diameter of actuator (D).  

 

Figure A 1-4: a) Parts of the mold were 3-D printed (Vero blue, Objet Connex 500). b) Polydimethylsiloxane 

(PDMS,Sylgard 184, Dow Corning) was poured into ends of the molds. c) The insert was removed to leave PDMS 

ends in molds, and a 4mm layer of Ecoflex 00-30 (Smooth on Inc.) or Elastosil M4601 (Wacker Chemie AG) was 

cast. d) The actuator was aligned in the center (or multiple actuators at desired spacing). Small amounts of uncured 

polymer and a heat gun were used to fix actuators in place until final pour of Ecoflex 00-30 or Elastosil M4601 to 

top of mold. e) The mold was then covered while curing to prevent air supply tube from being embedded in the test 

specimen matrix.  f) The process was repeated for different matrix widths, actuator spacing’s and materials. Optical 

trackers were marked on specimens with permanent marker using laser cut stencil. Markers were placed as 

follows; 5 rows, 3 or 5 columns (midline and 5mm bilateral offsets from midline). Vertical spacing was 5mm as was 

horizontal, or 2.5mm in centre row. g) Mold dimensions. Width (W) varies for specimens. h) Dimensions of mold 

insert (W varies for specimens)  
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1.4 Test Specimen Characterization 

The specimen for testing was mounted in the clamps of the tensile testing machine (Instron 5566, 

2kN load cell) by manually clamping on the PDMS rigid ends of the test specimen. A remote control 

operated Nikon camera was positioned on a tripod at a distance of approximately 2 meters from test 

specimen. Automatic focus was used for the first image, and manual focus was used for subsequent 

images so that light settings remained constant throughout the experiment. Using a pressure 

regulator (Campbell Hausfeld) and a sensor (Balluff BSP000W) in line with the air supply tube, the 

pressure was varied in increments of 10psi and a photo was taken at each step (Figure A1.5a). A 

Matlab script was used to locate the center of each dot and output co-ordinates of the dot for each 

pressure increment (Figure A1.5b). The dots used for horizontal and vertical strain measurements are 

highlighted in Figure A1.5c.  
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Figure A 1-5: A) Representative pictures of specimens (Ecoflex 00-30, three actuators at 5mm actuator-to-actuator 

spacing) at 0psi, 20psi and 40psi. Supplied pressure, measured force and photos were recorded for each pressure 

increment. B) Matlab interface used to identify and number markers and output the x,y co-ordinates of their 

centres to enable strain calculations. C) Markers selected for vertical and horizontal strain calculations.  
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1.5  Additional Results of Test Specimen Characterization 

 

Figure A 1-6 Strain plots for single actuator specimens with various matrix widths and pressures with Ecoflex 00-30 

matrix 

 

Figure A 1-7: Strain plots for single actuator specimens with various matrix widths and pressures with Elastosil 

M4601 matrix 
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Figure A 1-8: Strain plots for multiple actuator specimens as a function of actuator spacing (D= nominal diameter 

of PAM = 5mm) with Ecoflex 00-30 matrix 

 

Figure A 1-9: Strain plots for multiple actuator specimens as a function of actuator spacing (D= nominal diameter 

of PAM = 5mm) with Elastosil M4601 matrix 
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Figure A 1-10: Force for single actuator specimens as a function of actuator matrix width, matrix material type and 

actuation pressure 

     

Figure A 1-11: Force for multiple actuator specimens as a function of actuator spacing (D=resting diameter of PAM 

= 5mm), matrix material type and actuation pressure 

 

As shown in Figure A1.6-A1-11 varying matrix width, spacing and material affects the strain 

distribution and force. Although a matrix material of Elastosil can transmit a higher force (Fig 
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A1.10, A1.11), our application requirement was for a high strain in a matrix with an elastic modulus 

in the range of myocardial tissue and so we selected Ecoflex as the matrix material (Fig A1.6- to Fig. 

A1.9) because it allowed higher strains with a modulus similar to myocardial tissue. In Figures A1.8 

and A1.9, for the multiple actuator specimens, strain increases when the markers are positioned 

directly coincident with a PAM (for example in the case where spacing= 4D). Overall, Figures A1-6-

A1.11 demonstrates the tunable properties of our soft actuated material.  

1.6 Numerical simulation of left ventricle 

Due to the 3D helical arrangement of the actuators, an additional step was required in order to assign 

material orientations for subsequent coefficient of expansion assignments. A 3D spline was created 

for the centreline of each actuator. Wire elements were temporarily assigned to these splines in order 

to create datums or local co-ordinate systems. Wire elements were partitioned into 22 cells 

perpendicular to the 3D spline in order to partition the PAMs so that an orientation could be later 

assigned to actuators for the orthotropic material properties described in the manuscript. 

Subsequently, the wire elements were deleted before merging PAMs with the matrix in the assembly 

module. A local co-ordinate system was defined in each of these cells so that the longitudinal axis 

followed the local orientation of the spline, and elements in the cell were assigned orientations 

according to this local coordinate system. This ensured that the longitudinal contraction and radial 

expansion followed the three-dimensional orientation of the muscle. The three-dimensional position 

of four circumferentially arranged nodes on the inner and outer wall of each of the basal and apical 

planes for each actuation pressure was output. Apical rotation was calculated from these node co-

ordinates using Equation 2, where the XY plane was the apical plane and the z-axis was the 

orthogonal axis intersecting the apex.  (Figure 3-3b in Chapter 3shows these planes and the z axis as 

dashed blue line). 

௭ߠ   = ଵି݊ܽݐ ቀ௬మ௫మቁ െ ଵି݊ܽݐ ቀ௬భ௫భቁ [2] 
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Rotation of each of the four nodes was averaged for physiological motion (Fig 3-3f in Chapter 3), or 

reported independently for pathological motion (Fig 3-4e in Chapter 3 shows cumulative rotation of 

each individual node in apical plane). A total of 45,581 elements were used in the numerical 

simulation of the left ventricle. 

1.7 Left Ventricle Fabrication 

                    

Figure A 1-12: The top row for each figure shows SolidWorks models of molds with explanations on fabrication 

steps, while the bottom row shows photos of corresponding 3D printed molds (Object Connex vero blue). a) A multi-

component reconfigurable mold. b) Mold with Core 1 for casting outer shell. c) 1st pour of Ecoflex 00-30 created 

outer shell with alignment tabs for PAMs. d) With the outer Ecoflex shell remaining in mold, actuators were 

inserted and aligned with molded alignment features. We used a small amount of prepolymer and a heat gun to 

secure actuators in place and core 2 was inserted into base. e) The final pour of Ecoflex 00-30 to fully embed 

actuators. 
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The left ventricle prototype was fabricated as described in Figure A1-12. Air supply tubes were 

protected with masking tape, and barbed connectors were used to connect them to an air supply for 

actuation.  

 

Figure A 1-13: Dimensions of molds for making left ventricle prototype 
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1.8 Experimental Motion Measurement with Electromagnetic Trackers 

The experimental setup for measuring motion is described in Figure A1-14. A customized stand was 

laser cut from acrylic with a circle of diameter 82mm to support the left ventricle at the base, leaving 

the apex free to rotate. No metal fixtures were used to avoid interference with the electromagnetic 

sensors. TrakSTAR 3D Guidance system (Ascension Technologies) Model 90 6DOF freedom 

sensors (0.9mm) were used for displacement tracking.  One sensor was fixed in the centre of the 

base using wooden struts. This actes as the the origin, and enabled the position of each sensor 

relative to this origin to be measured.  The transmitter and the origin (shown in Fig. A1-14) were 

fixed. A 22 gauge needle was used to make a small hole in the center of the molded alignment 

features, and sensors were advanced into the wall so the silicone self-sealed around the sensors in 

order for them to move with the mold.  Four sensors were placed symmetrically in the outer left 

ventricle wall at each of the basal and apical planes (described in Fig. 3.3B in chapter 3). Two 

sensors were placed in the mid plane, and an additional sensor at the apex. Information from the 

initial sensor readings was used to select the appropriate nodes in the finite element simulation in 

order to have a direct comparison. Actuation pressure was controlled with a pressure regulator 

(Campbell Hausfeld) and a sensor (Balluff BSP000W) in line with the air supply.   
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Figure A 1-14: Experimental set-up for electro-magnetic tracking of left ventricle physical prototypes 

Cubes software (Ascension Technology) reported the three dimensional positions of each sensors 

(x,y,z co-ordinates relative to the fixed origin) at each pressure increment, and a matrix of sensor co-

ordinates was output to a matlab file. Sensor co-ordinates were recorded five times at each measured 

pressure.  Apical rotation was calculated from these positional co-ordinates according to Equation 2 

above. The rotation of each node was averaged for each pressure, and all four nodes in the plane 

were averaged for apical rotation for reported values (Fig 3-3f in Chapter 3). In order to measure 

apical and basal rotation, the left ventricle was supported with a flexible band at the mid plane, and 

the readings of sensors in the apical and basal planes were used to calculate apical and basal rotation. 

Reported values (Fig 3-3f in chapter 3) are averages of the four nodes in each plane. For pathological 

motion, rotation of each node was reported independently (Fig 3-4f in Chapter 3 shows cumulative 

rotation of each individual node in the apical plane).  
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2 Appendix 2 – Supplementary Information for Chapter Four 

2.1 Sensing sleeve fabrication 

To realize a stretchable, conformable, yet robust circuit that ensures the power supply and 

communication with multiple sensors we used barometric sensors in a stretchable 500µm silicone 

layer from Dragon Skin F/X Pro (Smooth-on Inc., USA). A barometric sensor was mounted on a 

double sided PCB (Fig A2-1a) which allowed, on the top side the essential pin connections and 

capacitor fixations for a robust digital communication while, on the bottom side, enabled proximal 

fixation to the circuit of the readout electronics.  

 

Figure A 2-1: Sensor fabrication. A) Double-sided printed circuit board designed to protect electrical connections. 

B) Mold with reservoir for casting of barometer/PCB assembly with rubber. C) Assembly is degassed at 100kPa 

gage vacuum and cured at 80 kPa gage vacuum. 

This arrangement eliminated vulnerable electrical connections on the edges of the sensor/PCB 

assembly and minimized bending and potential damage to electronic connections during use. The 

barometer/PCB assembly was centered in a 3D printed mold with a reservoir (Fig A2-1b) that allows 

degassing while preventing loss of material. Urethane rubber (Vytaflex 40, Smooth-on Inc., USA) 

was poured into the mold and degassed under 100 kPa gage vacuum for five minutes. Subsequently 
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the assembly was cured at 80 kPa gage vacuum (Fig A2-1c) at 20ºC for 24 hours without removing 

it from the vacuum chamber so that the barometer diaphragm slightly relaxed, thereby increasing the 

functional range of the resulting sensor. 

We designed a multi-part fabrication tool for allowing us to transfer print an array of 

interconnected sensors on to a flexible silicone layer (Fig A2-2a). The tool is comprised of three 

sheets; sheet 1 is the wire-wrapping sheet, sheet 2 the transfer printing sheet and sheet 3 the sensor 

alignment sheet. Sheet 3 allows placement of sensors in the desired configuration for the DCC 

device, sheet 2 allows lifting and transfer of the entire circuit and sheet 1 allows positioning of 

circuitry wire in a stretchable configuration considering the actuator design of the DCC device. We 

used flexible flat cables (FFC) for communication between the sleeve and the processing unit. The 

interconnection scheme was designed to mimic features of the DCC device and so that the circuit 

connections would experience the least amount of strain when on the beating heart. 

Sheet 1 and 2 were assembled and magnet wire was continuously wrapped around the 

alignment fixtures in a meandering pattern (Fig A2-2b). Wires were wrapped so they passed over the 

sensor space-holders. Up to 24 sensors were manufactured and positioned, PCB side down, in sheet 

3 then placed on to the subassembly of sheet 1 and 2. Wrapped wires were spot-soldered from the 

bottom side of the assembly. This was repeated for a total of five connections per sensor; power 

(VCC), ground (GND), data line (SDA), clock line (SCL) and a chip select line (CS). To ensure 

sensor array functionality during malfunction of a single sensor the four supply and communication 

lines (VCC, GND, SDA, SCL) are shared among multiple sensors and were fabricated from 

continuous wires. As multiple MEMS barometric sensors cannot be addressed individually by the 

I2C bus for read out one CS-line was connected to each sensor to avoid on/off switching during 

usage and thereby not impede the sampling rate. Sheet 2 was lifted from the wire alignment sheet 

with the entire circuitry (sensor array with wires) (Fig A2-2c). This flat configuration allowed the 

circuit to be transferred on to a 250 µm silicone sheet (fabricated using an automatic film 
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application, Elcometer). The circuit was pressed onto the silicone and sheet 2 was removed. PCBs 

were protected by vapor deposition coating of 25 µm Parylene C (Specialty Coating Systems Inc., 

USA). 

 

             

 

Figure A 2-2: A) Multi-sheet fabrication tool allows transfer printing of circuitry on to a flexible silicone layer. 

Sheet 3 is used to position an array of sensors on to an assembly of sheet 1 and sheet 2.  B) Sheet 1 and 2 were 

assembled, and wires were wrapped around posts from sheet 1. Sheet 3 was used to place sensors, and then 

removed. Wires were soldered to sensors in-place, and wire wrapping was repeated for each of five lines. C) After 

wrapping, sheet 2 can be lifted off so that the assembly and all circuitry (sensors and interconnecting wires) can be 

transferred to a thin (250 µm) silicone sheet. D) A second silicone sheet coated with 50 µm of uncured prepolymer is 

transferred onto assembly and cured with selective pressure between sensors, and then completed sleeve is trimmed 

to size. 

Finally, a second layer of 200 µm thick silicone (Dragon skin F/X Pro, Smooth-on Inc.) was 

coated with a 50 µm uncured layer of prepolymer, and placed on top of the silicone/circuit assembly 

(Fig A2-2d). Pressure was applied to the sheets in between the sensors and the silicone was allowed 

to cure at room temperature. Finally, the sleeve was trimmed to match the geometry of the DCC 

device (Fig S7d). The resulting sensor (Fig A2-3a) and sensing sleeve (Fig A2-3b) are shown. 

Fig A2-3c shows how the sleeve can conform to the surface of a heart and Fig A2-3d shows the 

sleeve with the DCC device. 
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Figure A 2-3: A) MEMS barometer on a double-sided PCB alongside sensor cast in urethane rubber. B) Final 

sensing sleeve C) Sensing sleeve conforming to heart D) Sensing sleeve aligned with DCC device. 

2.2 In vivo testing 

Female Yorkshire swine with a body weight of 50-70 Kg were used. All animals will be 

acclimatized in the holding facilities for at least a day before the initiation of each study. Food, but 

not water was withheld for 14 to 16 hours before sedation and induction of anesthesia. Swine were 

pre-medicated with telazol 4.5 mg/kg, xylazine 2 mg/kg IM, and atropine 0.04 mg/Kg IM Anesthesia 

was maintained with isoflurane (0.5% to 1%) and oxygen. Animals were intubated after induction, 

and placed on mechanical ventilation using volume-cycled ventilation at 10 ml/Kg at a rate of 10-20 

breaths/min. Inhalant anesthetics were delivered. When animals were stabilized a femoral venous 

and arterial line were placed percutaneously using the seldinger approach. A jugular catheter 

(Veterinary Central Venous Catheter Set, Ref CVS50IJ, Surgivet) was then introduced and secured. 

Baseline in-vivo control data was will be recorded for 5 minutes. Lidocaine was administered 

prophylactically to reduce the risk of ventricular arrhythmias caused by the placement and 

attachment of the DCC device. A bolus IV injection dose ranging from 0.5–0.75 mg/kg and up to 1–

1.5 mg/kg (about 50–100 mg) was administered at a rate of approximately 25–50 mg/minute (0.35–

0.7 mg/kg per minute). An IV infusion at a rate of 20–50 mcg/kg per minute was then administered. 

If the desired response is not achieved an additional bolus dose of 0.5–0.75 mg/kg as a rapid IV 

injection was repeated at 5- to 10-minute intervals as necessary, up to a total dose of 3 mg/kg. 
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Unfractionated Heparin (300iu/Kg IV) was administered prophylactically to reduce the risk of 

venous thromboembolism during the procedure. Monitoring during the procedure included 

continuous ECG tracings, arterial blood pressure and central venous blood pressure through femoral 

lines, intra-ventricular pressures, pulmonary and aortic flow rates, SpO2 level. Echocardiography 

was used to determine anatomical and physiological data including the size and shape of the heart, 

pumping capacity.   A sternotomy was used for access. A paralytic agent (Cisatrocurium, 0.1-

0.4mg/kg IV) was administered to facilitate sternotomy and avoid excessive muscular fasciculation 

which could lead to blood loss.  The animal was instrumented with an ultrasonic flow probe on the 

aorta and pulmonary trunk (16PS and 20PS, Transonics Inc.) connected to a T402 multi-channel 

research console (Transonics Inc.). The left atrium and pulmonary artery were cannulated with 26G 

catheters and a pressure sensor (Surgivet Inc.) was attached to each catheter. ECG and pressure data 

was logged to the DAQ via a 9-pin analog connector connected from a Surgivet Vital signs monitor 

(Surgivet) set to run on LSI protocol (Go to Set up menu> password 239> monitor defaults> analog 

output). Flow data was logged using BNC connectors. After instrumentation and establishing a 

stable hemodynamic condition, five minutes of baseline data was recorded to measure cardiac 

performance. Epicardial pacing was used to control the heart rate, if necessary, to help with device 

synchronization. To evaluate the effects of DCC device on the acutely failing heart, acute heart 

failure was pharmacologically induced by using a short acting く-blockade, Esmolol, to reduce 

contractility of the heart and lower cardiac output in a dose-dependent manner. These effects were 

seen within 2 min and peaked at around 5 min, lasting up to about 10 min. The esmolol dose could 

include up to 5 boluses for a total of 0.1-1.0 mg/kg, and a constant rate of infusion (CRI) of 0.1-2.0 

mg/kg/min to allow a stable acute heart failure model for a period of about 1 hr. With the induction 

of this model, heart rate (and as a result cardiac output) decreases. Once hemodynamics stabilized, 

another baseline data recording was taken for five minutes. The device was placed on the heart and 

affixed using the active suction cup at the apex, and mechanical fixation at the base (sutures, velcro 

or adhesive). The device was then actuated, triggered from the ECG signal, or from a pacemaker 
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signal if heart was being paced. Device parameters (actuation period, delay and speed) could be 

adjusted. By using a dual chamber pacemaker (5342, Medtronic Inc.), the delay could be fine-tuned 

manually. Data was continuously logged during entire trial.  At the end of the trial (maximum length 

was four hours), the animal was euthanized by an intra-venous injection of Fatal Plus (110mg/kg).   

 

Figure A 2-4:  Prototype testing in an ex vivo porcine model. A) Test set-up and ex vivo heart with device (design 1 

and design 2) attached. B) Control scheme used during testing C) Pressure in the left ventricle for design 1 – device 

actuation pressures of 5 and 10psi with simultaneous pressurization, and device actuation with control scheme 1 at 

10psi (3 cycles are shown). 
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Figure A 2-5: Actuation of the right side of the device only (the anatomical right side of heart is on the left when 

looking at heart) Cardiac output from left and right ventricle and aortic and pulmonary flow for 3 representative 

cycles. 

An additional sleeve fabrication using thermoplastic urethane (TPU) is shown below. TPU sheets are 

thermally formed into a three-dimensional shape. Selective areas are masked to form channels for 

actuators that are placed afterwards. Although this performed well in vivo, I found that this was 

difficult to attach to the heart, and so did not proceed with this design. 
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Figure A 2-6: Thermoforming of sleeve. A) Positive mold on the vacuum platform of the thermoformer with TPU 

sheet heated to 150. B) Forming of first TPU layer. C) Actuator channels were created by masking selected areas of 

the TPU before the second layer was thermally formed on top of the first. D) Additional actuator channels were 

masked and a third TPU sheet was formed on top. 

2.3 Summary of actuator characterization 

Characterization of the actuators in Chapter 3 (for the soft actuated material) is for silicone elastomer 

actuators (8mm O.D, 1mm wall thickness) with a small mesh (1/8in OD, techflex PTN0.13). These 

were actuated at a low pressure, and small enough to be fully embedded in the left ventricle model. 

Characterization of silicone actuators in Chapter 4 is with a larger mesh (1/4in OD, techflex 

PTN0.25). These can provide more force for the DCC device. We then moved to using TPU 
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actuators, as described in Chapter 4, that could provide more force, as they could be actuated to a 

higher pressure without rupturing. For future work we are using an even larger mesh (3/8in OD, 

techflex PTN0.38) that can provide over 100N force when used with a TPU bladder with a diameter 

greather than the mesh maximum diameter (17mm).  

In summary, for actuators with more force, a larger diameter mesh, and a bladder that withstands 

higher pressure is important. The force of the actuator is proportional to pressure and proportional to 

the square of the starting mesh diameter. The size of the internal bladder should be sized to start at 

the resting diameter (for compliant silicone bladders) or should be sized to the maximum mesh 

diameter (for non-compliant bladders), and folded into the mesh for max contraction. For non-

compliant bladders, we found a length of approximately 66% of mesh length gave the best results.  

2.4 Original Control System 

The first control system is shown below. The hardware is largely the same as the current version 

described in Chapter Four, but we duplicated the hardware and made it more portable and easier to 

connect the pneumatic tubes with an 18 port connector.  

 
 

Figure A 2-7: Original electropneumatic control system 
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3 Appendix 3 – Additional Information from Chapter Six 

3.1 Staining  

Fixed heart sections were transferred to 15% w/v sucrose for 2 hours at 4°C, before storage in 30% 

w/v sucrose overnight. Tissues were then snap-frozen in OCT medium, using liquid nitrogen-cooled 

isopentane and stored at -80°C in sealed containers until sectioning. OCT blocks were sectioned on a 

cryotome (CM 1950, Leica). The block containing the tissue slice of interest (containing epicardial 

patch or injection) was identified and sections were transferred to charged slides (Superfrost Plus, 

ThermoScientific). Each block was sectioned entirely, in 8たm and 45 um sections.   

Slides were then kept at -80 degrees C until use. For staining, slides were thawed to room 

temperature. They were washed twice with PBS-T solution (0.01% Tween-20 in PBS). A PAP pen 

was used to surround the tissue samples (3 per slide) with a hydrophobic border for staining. For 

antigen retrieval and blocking, the following buffer solution was made; PBS with 0.1% Triton X-100 

(w.v), 1% bovine serum albumin (w/v), 5-10% normal goat serum (v/v). The minimum volume 

required for coverage (100-150µl) was added to each section. The slides were left for 30 minutes at 

room temperature in a humidified chamber. The antigen retrieval/block buffer was then removed 

from slides and the antibodies were added as described below.  

3.2 Staining with GFP primary antibody 

The procedure is described in brief in Chapter Six. A primary antibody solution (GFP Rabbit IgG 

Antibody Fraction, Alexa Fluor® 488 Conjugate, Invitrogen A-21311) diluted 1:200 in stain buffer 

(BD Pharminogen) to give a final concentration of 10たg/mL was used. Samples were left for 2 hours 

at room temperature in a humidified chamber. 
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Figure A 3-1: Images at low magnification (top row) showing left ventricle for representative heart for each group.  

Bottom row images are magnified micrographs of inset region from top row. 

 

3.3 Additional confirmatory staining with human antibody 

For one sample (collagen patch), a confirmatory test using human antibody was conducted to 

confirm co-localization of the GFP and human antibody in the transplanted cells (Results in Figure 

A3-2). A primary antibody solution (Rabbit IgG anti-HDAC2) diluted 1:100 in stain buffer (BD 

Pharminogen), and left for 2 hours at room temperature in a humidified chamber, then washed three 

times with PBS-T for 5 minutes each and dried. A secondary antibody (Rabbit IgG conjugated to 

Alexafluro 647), diluted 1:400 in stain buffer (BD Pharminogen) was then applied  to the slides and 

left for 1 hour at room temperature.  
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Figure A 3-2: Anti GFP (green) and anti-human antibody (red) showing co-staining on collagen patch sample 

confirming presence of transplanted GFP human mesenchymal stem cells 

After staining samples were washed in PBS-T three times for five minutes each.  Slides were then 

mounted with Prolong Ultrafade with DAPI and coverslipped.  

Images were taken on a Zeiss LSM 710 confocal microscope. Samples were imaged at magnification 

of 6X or 12X and 63X, in the region of transplanted cells. DAPI and eGFP channels were used for 

excitation of the GFP antibody samples, and a  647 channel was used to image the human antibody 

stained sample. A z-stack of 45um was taken and the maximum intensity projection was acquired 

with Zen software (Carl Zeiss Microscopy). 
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Figure A 3-3: Fluorescence from IVIS for all in vivo samples    

 

Figure A 3-4: 3D images showing live (green) and dead (red) cells for each biomaterial at various timepoints    
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4 Appendix 4: A Light-Reflecting Balloon Catheter for Atraumatic 

Tissue Defect Repair 

4.1 Preface 

This chapter of the appendix details a catheter that was developed for minimally invasive delivery 

and activation of a photocurable adhesive. The work was done in collaboration with a team at 

Boston Children’s Hospital in Dr. Pedro Del Nido’s lab, and from Professor Karp’s laboratory at 

Brigham and Women’s Hospital/Harvard Stem Cell Institute. Dr. Assunta Fabozzo (Boston 

Children’s Hospital) was co-first author on the manuscript.  

4.2 Introduction 

Congenital, acquired or iatrogenic defects in visceral organs warrant rapid and effective closure. 

Internal heart, abdominal, and intestinal defects are challenging to repair. Open surgery has been the 

standard approach, but minimally invasive (endoscopic and catheter-based) diagnosis and therapy 

offer a potentially safer alternative with less surgical time and faster recovery periods. Intracardiac 

septal defects are the most common congenital defects in the young 326. The gold standard treatment 

is suture-based surgical closure, requiring cardiopulmonary bypass, which can increase exposure to 

pump-related complications (for example brain injury from inadequate cerebral perfusion) 327,328. 

Multiple transcatheter metallic occluder devices exist 329,330, but have inherent limitations of cardiac 

erosion, conduction system block and thrombus formation due to their bulky and permanent nature 

331–333.  

For abdominal hernias, wall reinforcement can be achieved surgically or laparoscopically by 

attaching a mesh patch to the wall using tacks or sutures 334–337. These structures can lead to further 

complications or hernia recurrence 338. Innovation in mesh fixation and a laparoscopic device that 

uses an elastomeric adhesive would be desirable and could be rapidly translated to the clinic.  

Another clinical example of a tissue defect, a peptic ulcer, can perforate and result in a hole in the 

bowel wall if not treated properly and promptly. The hole can be medically managed or treated 
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surgically or laparoscopically 339–341. Initial results from a “natural orifice transluminal endoscopic 

surgery” (NOTES) device are promising for quick recovery times, but these approaches 

leave permanent clips in the body 342. A similar approach to NOTES that does not leave 

permanent materials behind, but rather a scaffold that facilitates native tissue healing, could be 

advantageous for clinical translation.   

Lang et al. recently demonstrated the feasibility to adhere an elastic biodegradable patch and 

hydrophobic, light-activated adhesive to an intact septum for quick and effective, atraumatic defect 

closure in heart tissue and vessels. They showed successful attachment and no difference in cardiac 

output compared to a suture-based patch attachment at three months in a small animal model 343. 

Such a biodegradable occluder could act as a temporary scaffold to facilitate the ingrowth of fibrous 

connective tissue and endothelialization while the patch and glue are gradually absorbed and 

replaced by native tissue. Advancing clinical translation of this approach requires the engineering of 

minimally invasive tools to deliver the adhesives with optional accompanying materials for closure 

reinforcement. Here, I describe a defect closure device that can affix an elastomeric patch on a blind 

site via a minimally invasive delivery approach using a photocurable adhesive. This catheter device 

enables delivery of a patch coated with a photocurable adhesive, unfolds the patch, reflects and 

spreads ultra-violet (UV) light from an internal optical fiber, and applies pressure from each side of 

the wall to stabilize and activate the adhesive on the distal side of the defect. I demonstrate proof-of-

concept in three representative examples of the closure of the described congenital or acquired 

defects: intracardiac defects, abdominal wall hernias and perforated peptic ulcers. This list is by no 

means exhaustive and can potentially be extended to defect closure of any hollow visceral organ 

defects (for example perforations in the bowel, bladder, and esophagus).  
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4.3 Materials and Methods 

4.3.1 Study design  

The study was designed to prove the concept of a new technology to deliver, transmit and spread UV 

light to hydrophobic light activated adhesive (HLAA) for minimally invasive defect closure in 

visceral organs. Testing was unblinded but randomized. For reflectivity testing, a 99% reflective 

mirror was used as a positive control with a sample size of four. Light simulations were run for three 

conditions with two fiber designs. A sample size of three was used for burst pressure testing, 

adhesive force testing on tissue (heart tissue, stomach tissue and abdominal wall tissue specimens), 

and a sample size of seventeen was used for endocardial vs epicardial adhesion testing. Sample sizes 

for ex vivo proof-of-concept testing were one to three. The endpoint was successful patch 

attachment.  Finally, proof of concept of device functionality in vivo was demonstrated in a large 

animal model of cardiac septal defect, and repeated for three successful experiments.  

4.3.2 Development of an aluminum-coated flexible surface for UV light reflection 

Urethane balloons (Vention Medical) were cut into strips and mounted on a silicon wafer, ensuring 

not to entrap air. 3 samples from each group (plasma treated and non-plasma treated) were sputter 

coated with aluminum or evaporated with palladium to give a 100-nm thick coating. Double sided 

tape was used to lift the coated urethane from the wafer and onto a glass slide, which was mounted 

in a custom designed, 3D printed specimen mount fixed at 45 degrees to a light source and lens, with 

a detector at 45° to the sample. A BlueWave 50S light source (Dymax Corporation, Torrington, CT, 

USA) was used as the light source (specific spectral peak at 365nm) with a UV grade fused silica 

lens (diameter 25 mm, focal length 40mm, ThorLabs Inc.). The light source was set to an intensity of 

100%. An ultra-violet sensitive mirror (ThorLabs Inc.) was used as the control (assigned a value of 

100% reflectivity) and each coating was compared to the control. A gallium phosphide (GaP) 

photodiode (ThorLabs Inc.) was used for light intensity measurement (appropriate spectral response 

at 365nm). The detector was connected to a voltmeter and experiment was covered with a UV 
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shielding box. The baseline measurement of stray light and detector noise was subtracted from each 

reading. 

4.3.3 Balloon coating 

A Pico BR PCCE low pressure plasma system (Diener Electronic GmbH) was used for plasma 

treatment. Chamber was evacuated, and system was flushed with O2. Settings of 100% RF power, 60 

second, 5sccm of O2 was used for plasma treatment. An AJA International Orion 3 sputter coater 

was used for non-reactive direct current (DC) sputter coating. A turbo-pumped chamber pumped 

down to a vacuum in the 10-7 Torr range. A shuttered magnetron DC gun with a 2" diameter target 

was used to deposit a 100-nm layer of aluminum on the urethane balloons, which were secured to the 

rotating substrate holder at the anode using kapton tape on their flat surface. The power was set to 

150 W, and the substrate height to 15 cm.   

4.3.4 Coating adhesion testing   

Testing was carried out according to ASTM D3359. Procedural steps are shown graphically in figure 

A4.1.  

 

Figure A 4-1: Adhesion testing of the aluminum deposition process on parylene coated urethane samples. (A-H) The 

testing was carried out according to ASTM D3359.  
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4.3.5 Energy Dispersive X-Ray Spectroscopy 

A coated urethane balloon was marked at five equally spaced points as shown in figure A4.2. The 

balloon was then cut longitudinally and placed on a coverslip. It was then analysed by Energy 

Dispersive X-Ray Spectroscopy at each point (Quantax,  Bruker Nano GmbH, Germany).  

 

Figure A 4-2: Energy dispersive electron spectrometry preparation. (A) Five measurements equally spaced on 

conical portion of the balloon were marked on the intact balloon and then the balloon was cut open and placed on a 

glass slide. 

4.3.6 Optimization of a Low Profile Fiber Optic Cable for Light Dispersion 

A simplified model of the catheter was constructed in Zemax optical ray trace modeling software. 

The dimensions of the balloon were from the manufacturers specifications (Vention Medical), a 

balloon was inflated with 3.4ml of saline, and the inflated geometry was input to the model. 

Modeling assumptions were as follows; fiber numerical aperture 0.22, light wavelength: 365 nm, 

reflective surfaces were modeled as 100% reflective, no materials in the model absorbed light or 

scattered light, the refractive index of water was used instead of that for normal saline solution. 

n365nm = 1.347. The refractive index of the patch material was assumed to be n365nm = 1.51. The 

refractive index of the nylon tube was assumed to be n365nm = 1.54. The final fiber optic consists of a 

1m silica cable (Polymicro Technologies) with a precision cleaved conical tip (20 degree half angle) 

at the distal end (Acrolite). The silica core is 0.8mm in diameter, with cladding and an acrylate 

buffer bringing the total outer diameter to 1.1mm. A strain relief and a proximal jacket protect the 

fiber from damage, and a custom designed adapter allows connection to the Omnicure S2000 source 

(Lumen Dynamics).   
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4.3.7 Light Simulations 

A simplified model of the catheter device was constructed in Zemax Optical Ray Trace Modeling 

Software to estimate the intensity and uniformity of irradiance on the patch for various 

configurations of the device. Modeling used a fiber numerical aperture of 0.22 and a light 

wavelength of 365 nm. The balloon catheter was modeled as a 100% reflective surface. Additionally 

the following assumptions were made; (i) No materials in the model absorb light or scatter light. (ii) 

The refractive index of water is used instead of that for normal saline solution (n365nm = 1.347). (iii) 

The refractive index of the patch material is assumed to be n365nm = 1.51.  (iv) The refractive index of 

the nylon tube is assumed to be n365nm = 1.54. (v) The conical fiber tip half angle is 20°.  

Six configurations were tested. The first three simulations were with a flat fiber tip with different 

insertion depths as measured from base of balloon to base of fiber tip cone (0 , 10, and 18.5 mm) for 

the fiber. The next three had a 20º conical fiber tip at same insertion depths.  The balloon was 

inflated to take into account any curvature introduced by supporting the catheter vertically and 

inflating with water and emptying several times before fully inflating with water to a volume of 3.4 

ml. Images were taken to map out curvature of inflated balloon. The optical ray trace modeling 

assumed the actual shape has a slight curvature along the direction of the red dotted line as shown in 

figure A4.3a. The radius of this curve was 140 mm. The optical surface was an axicon (figure 

A4.3a). The slight curvature on the flat face of the balloon was ignored, and modeled as a cylinder 

with a flat surface where the patch is attached. This assumption was safe because less than 10% of 

the detected rays interacted with the sides of the cylindrical exterior and any curvature in that surface 

would have a small effect, and would be lessened when compressed against the tissue. Figure A4.3b 

shows a the conical and axicon shape superimposed.  
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Figure A 4-3:The inflated balloon approximates an axicon for light simulations. (A)Image of inflated balloon, red 

dotted lines depict the curvature of the inflated balloon with the resulting shape modeled as an axicon. (B) Axicon 

superimposed on a conical balloon. 

 

4.3.8 Device Assembly.  

For all the experiments in this study, HLAA and a UV light transparent patch made of PGSU were 

manufactured as previously described 344,345. Eight 0.5-mm holes around the perimeter of the patch 

and a four-leaflet valve with <5 mm slits were laser cut in the center to allow device insertion and 

withdrawal with minimal residual shunt.  

The inner shaft (Clear pebax 72D shaft; inner diameter 1.42 mm, outer diameter 1.67 mm, length 34 

cm, Vention Medical) was bonded to an aluminum coated urethane balloon (Vention, #20000701AD 

with both necks trimmed to 2 mm) using light curable adhesive (Loctite 3943 , Henkel) at each neck, 

after skiving the distal end to allow balloon inflation. An identical outer balloon was sutured to the 

patch with continuous sutures (Prolene 5.0, RB2, Ethicon) around the perimeter of the patch, guided 

by laser cut holes in patch. The patch/outer balloon assembly was placed over the coated balloon on 

the inner shaft and bonded at the distal end with Loctite 3943 (Henkel). The assembly of the 

intermediate and outer shafts is described in the appendix. 

For the proximal balloon/intermediate subassembly, a 14-Fr, 10 ml silicone urinary catheter 

(Medline Inc.) was trimmed so that a 2 mm section distal to the balloon remained. The inflation 

lumen was sealed with Loctite 3943 (Henkel). The outer shaft subassembly was created using a 20-

Fr Amplatzer renal sheath (20-Fr diameter, Boston Scientific). The outer shaft was bonded into the 
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hemostatic valve from an 18-Fr high flow sheath (Cook Medical) using Loctite 3943 (Henkel). The 

intermediate subassembly was placed inside the outer shaft subassembly. The inner subassembly 

was back-loaded into the lumen of the intermediate shaft. An inflation hub with a valve (5.0 Fr 

introducer sheath, Cook Medical) was then bonded to the proximal end of the inner shaft using 

Loctite 3943 (Henkel) and a 2-cm length of 2.5-mm diameter PTFE heat shrink was heated over the 

bond to act as a strain relief.  

4.3.9 Demonstration of representative clinical applications ex vivo.  

Fresh whole porcine hearts (n=3) were used. Procedural steps were performed (i) under direct vision 

with ventricular walls removed (n=2) or (ii) blindly (n=1). To simulate the pressurized heart a fresh 

porcine heart was explanted, both the aortic valve leaflets were removed, and the pulmonary artery 

and aorta were securely connected to saline columns at 20 and 100mmHg respectively. 

Echocardiography was used to image the procedure. The procedure was performed in a porcine 

carcass to evaluate patch attachment to the innermost layer of the abdominal wall (parietal 

peritoneum). A midline incision of the abdominal wall was performed to visualize the procedure. A 

6mm incision was made on the skin of the abdomen and a subcutaneous tunnel was created to 

facilitate device insertion. Fresh porcine stomach (n=2) was used for testing procedural feasibility 

and patch attachment to the outer surface of the stomach. In an animal carcass, an incision of 5 mm 

was made on the anterior free wall of the stomach to represent a peptic ulcer. The device was 

inserted through the esophagus, and patch was attached to the outer wall. To represent a distended 

stomach, a second stomach was explanted and mounted on a hanging support. The patch was 

adhered with the catheter. 1ml of HLAA was added to the valve in the patch from the outside with a 

syringe and cured directly with the fiber optic from the device to seal. The organ was filled to 

capacity (>1L). 
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4.3.10 Pull-off testing 

Isolated fresh porcine abdominal wall, stomach, and cardiac tissue (n=3) samples were collected 

from euthanized pigs. A PGSU patch (200µm thick, 20mm in diameter) was attached to the tissue by 

activating a layer of pre-coated HLAA with the device (120 seconds activation at 3N pre-load) 

connected to a UV-light source (OmniCure S2000, Lumen Dynamics Group Inc.), at 100% intensity 

with a filter in the range of 320 to 390 nm. The tissue samples were kept wet with saline throughout 

the testing. Standard pull-off adhesion testing was performed on an Instron 5566 (1 kN load cell). 

The adherent PGSU patch was attached to a flat probe using cyanoacrylate glue (Loctite 4601) a 

compressive preload of -1N was applied for 5 seconds and the patch was pulled off at a rate of 8 

mm/min. For pre-load testing, testing on epicardium was repeated after adhesion with various 

preloads (1N, 3N and 5N applied with the tensile tester). Further pull-off testing was performed with 

identical patches and fresh porcine endocardial and epicardial tissue and as previously described 343.  

4.3.11 Burst pressure testing   

A section of myocardium (endocardial side facing up) was clamped in a metallic holder and a central 

defect was created with a biopsy punch (diameter 6 mm, 8 mm or 10 mm). A 14 mm HLAA-coated 

patch (200 µm thick) was used to close each hole, giving patch/defect ratios of 2.3, 1.75 and 1.4, 

respectively). The patch was attached to the tissue as previously described 343. A metallic tissue 

holder was then mounted on a pressurized chamber, connected to a syringe pump (Harvard 

Apparatus). Pressure was applied to the chamber by injection of saline solution and recorded using a 

pressure sensor (Honeywell, Sensotec Sensors) connected to a mechanical tester module (eXpert 

3600 Biaxial, ADMET, 250lbf load cell). Two conditions were reproduced: first, the pressure in the 

chamber was higher than the pressure outside, and syringe was used to pressurize the chamber; 

secondly, the pressure in the chamber was lower than outside, and syringe was used to pull a vacuum 

in the chamber. Burst pressure was measured for each condition at each patch/defect ratio. 
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4.3.12 In vivo testing 

The animal protocol was reviewed and approved by the Boston Children’s Hospital Institutional 

Animal Care and Use Committee. All animals received humane care in accordance with the Guide 

for the Care and Use of Laboratory Animals recommended by the US National Institute of Health. 

Yorkshire female pigs, weighing 40-50 Kg were used. The animals were anesthetized by 

intramuscular injection of tiletamine/zolazepam (4.5 mg/kg), xylazine (2 mg/kg), and atropine 

(0.04mg/kg), and intubated with a cuffed endotracheal tube and ventilated with a pressure control 

ventilator (Healthdyne 105, Healthdyne Technologies). Anesthesia was maintained with 0.5% to 1% 

isoflurane and oxygen. The animal was heparinized with intravenous heparin administration (100 

U/kg). After administration of a paralytic agent (Cisatrocurium 0.1 mg/kg IV), a right side antero-

lateral thoracotomy was performed, in the 4th intercostal space, and the pericardium was opened. 

Two concentric purse-string sutures (3-0 polypropylene) were placed on the right ventricular wall 

for the device insertion. Echocardiography was used for imaging. No cardiopulmonary bypass was 

used.  The device was inserted and advanced through the interventricular septum into the LV (to 

create the VSD), then retracted into the RV and the procedural steps previously described were 

carried out.  

After the procedures were completed, the animal was euthanized with Fatal Plus (100mg/kg) and the 

heart was explanted for postmortem evaluation. Epicardial 2D and 3D echocardiography was used 

for procedure imaging (X7-2 matrix transducer on an IE33 system, Philips Healthcare). 

4.3.13 Statistical methods  

Graphpad Prism software was used for statistical analysis and graphs. For each dataset a histogram 

was first constructed to assess the distribution of the data, and summary statistics, including the 

mean and median were calculated. For non-normally distributed data a two-tailed Mann Whitney test 

was used for pairwise comparisons (with Dunnetts’s post-hoc test), and Kruskal-Wallis one-way 
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analysis for multiple comparisons (with Dunn’ post-hoc test). Results were considered significant 

when a P value of ≤0.05 was obtained, and alpha level was adjusted for multiple comparisons.  

4.4 Results 

4.4.1 A transcatheter light-reflecting technology that delivers and activates a photocurable adhesive  

The concept and envisioned clinical applications for the catheter-based closure device are depicted 

in figure A4.4a, for application in intracardiac defect closure, abdominal hernia repair, and peptic 

ulcer closure. In brief, the concept of the catheter-based device is that UV light is delivered via an 

internal fiber optic to a reflective balloon where it is reflected onto a patch pre-coated with 

photocurable adhesive (figure A4.4b) to affix the patch to the tissue, prior to removal of the device. 

The functional components of the device include a reflective distal balloon fixed on an inner shaft 

and a proximal stabilizing balloon on an intermediate shaft (figure A4.4c). All components can be 

loaded into an outer shaft. A UV fiber optic (connected to a UV source at one end, and designed for 

light dispersion at the other) is housed in the inner shaft, and can be advanced into the inner lumen 

until the tip is located in the distal balloon. The reflective distal balloon has an outer layer that 

allows temporary suture-based attachment of a patch/adhesive system (figure A4.4c), ensuring the 

patch unfolds with the balloon and can be released from the system in situ. All components can be 

deflated and loaded into the outer catheter shaft for delivery (figure A4.4d). The procedural steps are 

as follows [and depicted in figure A4.4e (side view), figure A4.4f (view from distal side)]: i) the 

catheter is delivered through the defect, ii) the patch is released by pulling back the open suture loop 

connecting the patch to an outer membrane on the reflective balloon, iii) balloons are deployed 

(distal balloon first, then proximal), iv) UV light is turned on to activate the photocurable adhesive 

coated on the proximal side of the patch, and v) both balloons are fully deflated and removed from 

the body. In the last step, the distal reflective balloon is retrieved through a four-leaflet valve in the 

patch, leaving the patch adhered to the tissue. Each shaft can be connected to an ergonomic handle, 
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which allows coupling and uncoupling of shafts, and enables volume-controlled inflation and 

deflation of the balloons via a syringe (figures A4.5 and A4.6).  

 
Figure A 4-4 :A transcatheter light-reflecting technology that delivers and activates a photocurable adhesive. (A) 

Artistic representation of potential applications for the device including repair of perforated peptic ulcers, 

abdominal wall, and intracardiac defects. (B) Schematics showing reflection of light rays inside balloon onto a pre-

coated patch and a simulation of reflected rays. (C) Functional components of the device include the proximal 

balloon, intermediate shaft, distal balloon with secondary outer balloon and removable sutures for temporary 

patch/balloon coupling, and the patch with a photocurable adhesive. (D) Catheter shaft with functional components 

loaded and ready for delivery. (E and F) Procedural steps from a side (E) and front (F) view on a tissue sample: 

delivery into cavity, patch release, balloon inflation, adhesive activation, and removal of device after deploying the 

adherent patch. 
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4.4.2 Handle design  

Handle ergonomics. Following grasp taxonomy (43) we selected a power grasp, with prehensile 

(clamping) grip of a prismatic object. We chose adducted thumb grasp (grasp number 4) and 

obtained hand dimensions for ergonomic handling (figure A4.5a). The handle component had flat 

areas for thumb and finger tips (figure A4.5b, c) and could be held and actuated comfortably with 

one handed operation (figure A4.5d). 

Handle sealing. For the device to function in the body (in some cases in the bloodstream), it is 

necessary to seal it (figure A4.5e). The outer shaft has an inbuilt sealing valve, and can be flushed 

and closed with a stopcock. The inner and intermediate shaft was sealed from each other and the 

environment. The inner lumen of the intermediate shaft was in contact with bodily 

fluid/bloodstream. The inner lumen of the inner shaft was filled with saline for balloon inflation, and 

they required separation (blood in the balloon would interfere with light paths). An O-ring was 

incorporated around the intermediate shaft where it is connected to the sliding rod (figure A4.5f). A 

second, smaller O-ring was incorporated into the rod around the inner shaft to seal the inner shaft. 

Both were sealed with O-rings in the proximal handle cap (figure A4.5g). 

Sliding mechanism. A sliding mechanism was designed to couple and decouple the inner and 

intermediate shaft and to limit relative movement between them (for distal balloon deployment and 

recapture) (figure A4.6). A raster-rod was bonded to the intermediate shaft (Loctite 4601). The inner 

shaft was fixed to the handle so that the raster rod (coupled to the intermediate shaft) could be 

moved relative to it. When the “slider sleeve” was depressed proximally a spring (S-1435, Century 

Spring) in the handle was compressed, allowing a stainless steel ball (Baltec) to pop out of a recess, 

in turn enabling movement of the raster rod and coupled intermediate shaft (figure A4.6b). Proximal 

movement releases the distal balloon (figure A4.6c,d) and distal movement recaptures the deflated 

distal balloon. At the desired position, the button can be released and the spring presses the button 
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forward and the ball forward into the nearest recess to recouple shafts (figure A4,6e). The raster rod 

and slider sleeve are shown in figure A4.6e, f.  

 

Figure A 4-5:  Handle component design. (A) Overall device design, including the ergonomic handle. (B) Rendering 

of handle body. (C) Schematic showing grasping of handle with flat surfaces for thumb and fingers and triangular 

cross-section. (D) Assembled handle with 3D-printed custom components showing handle grasping and slider 

decoupling mechanism with thumb adduction. (E) Handle attachment to inner and intermediate shafts. (F) O-ring 

locations in raster rod for sealing of fluids (saline for balloon inflation) during device use. (G) O-ring locations in 

proximal handle cap for sealing of fluids during device use. 
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Figure A 4-6:  Decoupling mechanism for handle components. (A) Components of handle mechanism. (B-E) 

Schematic of the sliding mechanism for relative movement of the inner and intermediate shafts; (B)The ball is 

positioned in one of the grooves of the raster rod until the slider is moved closer to the handle body to decouple the 

shafts. (C) In this position the ball can move out of the raster rod grooves into the ball notch on the slider sleeve so 

that the shafts are decoupled. Movement proximally (towards the user) now deploys the balloon while movement 

distally (away from the user) recaptures the balloon. (D)Slider sleeve is advanced to force ball back into a groove on 

the raster rod. (E) Shafts are recoupled.  (F, G) Raster-rod and slider sleeve components with design features.  

4.4.3 Development and optimization of a light-reflective flexible medical balloon 

A metallic coating process for existing urethane medical balloons was developed to reflect light from 

an internal fiber optic to activate a photocurable adhesive. To select the optimal reflective coating, a 

reflectance test was performed on urethane samples coated with various metallic coatings deposited 

on urethane specimens on silicon wafers, then transferring them to glass slides and mounting them in 

a test set-up (figure A.4.7a) to allow comparison of reflectance between samples. A mirror with 
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>99% reflectivity was used as a positive control. Plasma pre-treatment (which enhances adherence 

of metallic coating to urethane substrate) improved reflectivity of both aluminum and palladium 

(figure A.4.7b). To select an outer protective coating to prevent aluminum/blood contact urethane, 

gold and parylene were coated on aluminum samples and the reflectivity test was repeated. All outer 

coatings resulted in similar reflectivity (figure A4.7c).  

Figure A4.7d shows the aluminum deposition process.  Aluminum particles were deposited 

on the balloons when a direct current was applied under vacuum (4 mtorr). Urethane balloons were 

masked on their flat face and taped onto a rotating mount in a sputter chamber (figure A4.7e). Figure 

A4.7f shows resulting balloons with a coating of 100nm of aluminum. The final multi-step coating 

process is shown in figure A4.7g. A urethane balloon was pre-treated with plasma, coated with 100 

nm of aluminum, and a second outer urethane balloon was applied to act as a barrier between the 

coating and the external environment and to participate in the patch deployment/release mechanism. 

The coating thickness varies slightly, but predictably with distance from aluminum source (figure 

A4.8) and the adhesion of the coating is improved with parylene pre-treatment (figure A4.9).  
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Figure A 4-7: Development and characterization of a light reflective flexible medical balloon. (A) Photo and 

schematic showing coated urethane test specimen mounted at 45 degree angle to a light source with a lens and 

detector. (B) Reflectivity (as a % of a UV enhanced mirror) for urethane samples coated with aluminum (Al) and 

palladium (Pd) with and without plasma pre-treatment.  Data are median and interquartile range **p=0.0022 

compared to mirror. (C) Reflectivity (as a % of a UV enhanced mirror) with outer protective coatings of urethane, 

parylene, and gold on plasma-treated aluminum-coated balloons. Data are median and interquartile ranges 

*p=0.0197 compared to mirror. For C and D, p value was determined with a Kruskall-Wallas test and Dunn’s 

multiple comparison post-hoc test.   (D) Schematic of sputter coating: DC current is applied to the Al target cathode 

in argon plasma, Al particles are deposited on the anode, thus coating the balloons. (E) Urethane balloons on the 

rotating mount in the sputter chamber during the deposition process. (F) Coated balloons after deposition process. 

(G) Schematic showing the layers of the optimized reflective coated balloons: a protective outer urethane layer, 100 

nm of aluminum and plasma treated urethane balloon.  
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Figure A 4-8: Energy dispersive electron spectrometry. (A) Five measurements equally spaced on conical portion of 

the balloon were marked on the intact balloon and then the balloon was cut open and placed on a glass slide. (B) 

Elemental map showing peaks for carbon, oxygen and aluminum for different measurement points. The carbon and 

oxygen peaks are from the urethane balloon and the aluminum peak is from the deposition process.  (C) A 

magnified view of the aluminum peak showing uniformly decreasing peaks for measurement 1-5, indicating that the 

coating is uniformly  and predictably thicker towards the  (D) Aluminum mass %A for measurement 1-5 E) Carbon 

mass % for measurement 1-5.  
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A B  

Figure A 4-9: Adhesion testing of the aluminum deposition process on parylene coated urethane samples. (A) Non 

plasma-treated sample (Class 3 according to ASTM D3359) and (B) Plasma-treated sample (Class 4 according to 

ASTM D3359) 

 

4.4.4 Optimization of a low profile fiber optic cable for light dispersion 

To disperse the reflected light on to a relatively large area, the internal fiber optic cable delivering 

the light was sculpted. By shaping the tip of the internal fiber optic and moving it relative to the 

reflective chamber (varying the insertion distance), reflected light rays are spread over a larger area 

compared to a flat tip. Light ray trace simulations were used to examine the effect of the fiber tip 

angle (straight and 20º conical tip) and the fiber depth (0, 10, and 18.5 mm from the flat face of the 

balloon)  for a given inflated balloon geometry (figure A4.10a,b; figure A.411). The resulting light 

irradiance maps demonstrate that a sculpted conical fiber results in more spreading of the light on the 

adhesive/patch system compared to a flat fiber tip (figure A.410b). The favorable spreading of light 

is emphasized in figure A.410c where light reflectance at each fiber insertion depth was compared. 

The flat tip has more variability in efficiency, as it is sensitive to fiber position within the inner shaft; 

the conical tip has greater efficiency and less sensitivity to position in the shaft (figure A4.11). 

The final design of the fiber optic was a sculpted conical shape (figure A4.10d), which enabled 

spreading of light over the entire surface of the 20mm diameter circular patch by simply moving the 

fiber along the inner shaft inside the reflective distal balloon. The motion of the fiber acts to 'paint' a 

uniform irradiance on the patch. Depending on balloon geometry and clinical application, the fiber 

optic tip can be sculpted in a case-specific manner using such simulations.  
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Figure A 4-10: Optimization of a low profile fiber optic for light dispersion. (A and B) Light ray model and intensity 

map on the patch/septum for a flat tip fiber (A) and a conical fiber (20º half-angle, B) with an insertion distance into 

the balloon of 0, 10, and 18.5 mm. The images on the top of each panel trace a sample of random rays. The 

simulations in the bottom of each panel are based on 108 rays for a total launched power of 1 W. The efficiency 

calculations assumed that 100% of the light was available in the fiber before the light was launched into the catheter 

distances of 0, 10, and 18.5 mm. (C) Efficiency (total power at detector divided by input power) of flat and conical 

tips. (D) Sculpted conical fiber optic tip and corresponding dimensions.  
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Figure A 4-11: Light ray analysis for flat and conical tipped fibers. (A) The model used for light simulations with 

labels indicating components. The detector is in the area of the patch (B) Light simulations showing a sample trace 

of ten random rays and the axicon model used for balloon (lower image). Co-ordinate systems are marked in two 

projections. Cross-section A-A is used for intensity measurements.   The efficiency calculations assume that 100% of 

the light is available in the fiber before the light is launched into the catheter. (C) Simulations for flat and conical 

tips at 0, 10 and 18.5mm insertion depth.  The simulations are based on 108 rays for a total launched power of 1 

Watt. The bottom left image of each simulation shows the irradiance on the patch in false color (irradiance scale is 

shown below image. The blue square is the same size as the patch diameter. The intensity traces plot patch 

irradiance along the patch cross-section (A-A).  
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4.4.5 Representative clinical applications ex vivo 

Adhesion to explanted sections of pig heart, abdominal wall and stomach was tested by activating a 

hydrophobic light-activated adhesive (HLAA) attached to a poly(glycerol sebacate urethane) 

(PGSU) patch  on the surface of the tissue sample with the catheter (figure A4.12a). To quantify the 

adhesion force, pull-off testing was conducted on tissue samples after a 3N pre-load application 

(figure A4.12a), with forces ranging from 0.598-2.541N (figureA4.12b). Patch attachment was 

successful for all samples (n=3 patches and tissue sections).  

A patch was attached to whole excised porcine heart (n=3 hearts) and to the septum of a heart 

pressurized to physiologically relevant levels (20mmHg and 120mmHg in the right and left 

ventricles respectively) under echocardiographic guidance (figure A4.12c), with a set-up as 

described previously 346. An abdominal wall reinforcement procedure was performed in a euthanized 

porcine model carcass to evaluate the spatial interaction between the device and abdominal organs 

(figure A4.12d). A small incision was made in the skin of the abdomen and a surgical tunnel was 

created through the abdominal wall layers for the device insertion. Feasibility of the procedure and 

patch attachment to the innermost layer of the abdominal wall was successfully demonstrated. The 

PGSU patch is designed to degrade over time 345, but could be exchanged for   a synthetic, non-

degrading hernia mesh.  

The catheter was evaluated as a potential endoscopic tool for tissue closure during NOTES treatment 

of lesions of the gastro-intestinal tract (figure A4.12e). The procedure was performed on a porcine 

stomach, both in a whole deceased animal and on the lab bench. In both cases, the catheter was 

inserted through the esophagus and directed toward a defect artificially created on the anterior free 

wall of the stomach. The patch was firmly attached on the external surface of the stomach. 

Additional adhesive was applied with a syringe to seal it, and cured directly with the fiber optic 

(ultimately this could be achieved with application of a second patch, with forward transmission of 
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light, figure A4.13). The stomach was filled to capacity (>1 liter) to test patch adhesion to tissue 

under supraphysiological hyper-distension and no leaks were observed (figure A4.12f).  

 
Figure A 4-12: Demonstration of potential clinical applicability ex vivo. (A) HLAA activation while applying a 3N 

preload with the device on a mechanical tester for stomach, abdominal wall and heart tissue. (B) Schematic of pull-

off testing on a mechanical tester and adhesion pull-off forces for each tissue. Data are represented by a scatterplot 

with median and interquartile range displayed, p value was determined by a Kruskal-Wallis analysis (n=3) with 

Dunn’s multiple comparison test. (C) Ventricular septal defect closure. From left; schematic of device securing 

patch to left ventricular septal wall, pressurized water-tank set up, the device activating adhesive on bench in whole 
heart with sections removed for visualization and adherent patch after device removal and. (D) Proof-of-concept of 

device functionality on porcine abdominal wall. From left; schematic of device fixing patch to back of abdominal 

wall, delivery, activation and removal of device leaving adhered patch. (E) NOTES access for perforated gastric 

ulcer repair. From left; concept of mouth to esophagus access, device delivery, activation and removal of device with 

additional adhesive to seal the residual defect, allowing filling of the stomach without leakage. 
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4.4.6 Modification for Forward Transmission of Light 

The catheter was modified to direct light forward and apply pressure directly to a defect. This 

simpler catheter design did not require reflective balloon coating or a proximal stabilizing balloon. 

Successful patch attachment was demonstrated ex vivo on a freshly explanted stomach, liver, spleen 

and heart (figure A4.13a-d) with a 6mm defect (created using a biopsy punch). The modified 

catheter design is shown in figure A.4.13e. 

 

Figure A 4-13: A modified catheter for direct application of light. (A) An ex vivo stomach model where a patch was 

attached with the light reflecting catheter. The stomach was then opened, and a patch was attached to the internal 

surface of the stomach using direct light application. (B) A defect was created in the liver with a biopsy punch, the 

patch was attached using the modified catheter, and the patch was adhered to the liver. (C) Similar results were 

achieved with a defect in the spleen. (D) Patch was attached to the epicardial surface of a beating heart ex vivo 

model. (E) Prototype of the catheter for direct light application. 
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4.4.7 Refinement of device parameters for intracardiac applications 

Previous work has shown that the HLAA/PGSU system has sufficient adhesive strength on the 

epicardium (outer layer of heart muscle) and presented encouraging initial results for intracardiac 

applications 343. Similar pull-off forces were demonstrated on isolated endocardial tissue (figure 

A4.14a).  

The effects of two factors — patch-to-defect diameter ratio and pressure gradient on burst pressure 

— were then evaluated in an in vitro set-up. A 5mm defect was created on a piece of heart tissue, 

closed with a PGSU/HLAA patch with direct UV light application, and then fixed on a chamber 

providing pressure control and measurement capabilities (figure A4.14b). Two cases were 

investigated; for case 1, the pressure was higher in the chamber, simulating the patch attached to the 

right ventricle septal wall (lower pressure ventricle); in case 2, the pressure was higher outside the 

chamber, simulating patch attachment to the left ventricle septal wall (higher pressure ventricle). 

Three different patch-to-defect diameter ratios were investigated (2.3, 1.75 and 1.4) to represent a 

range of patch sizes. The highest burst pressures were achieved on the simulated left ventricle wall 

(case 2) with the largest patch (figure A4.14b).  

Lastly, the force applied by a surgeon was measured to be 2.5N using a mechanical tensile tester. 

The pull-off performance of the device was evaluated using different pre-load values (1, 3 and 5 N) 

with the same level and time of light activation to determine sensitivity to loads in this range. The 

pull-off forces for each pre-load demonstrated relative insensitivity of adhesion force to pre-load at 

these values (figure A4.14c).  

The ultimate goal for this type of defect closure is percutaneous delivery of the catheter through the 

vessels. In Figure A4.15 I demonstrate how this would be possible with the current catheter by a 

path through the superior vena cava, into the right atrium, to the right ventricle and across the 

septum. However, for proof-of-concept in vivo, as described in the next section, access was directly 

through the right ventricle. 
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Figure A 4-14: Characterization of device for cardiac-specific applications. (A) Schematic showing endocardial and 

epicardial surface of the heart tissue and apparatus used for pull-off force testing with a mechanical tester and 

results of pull-off force testing on endocardium and epicardium Data are a box and whiskers plot with median, 

quartiles and max and min values. P value was determined using a two-tailed Mann-Whitney test (n=17 tissue/patch 

samples). (B) Test set-up for burst pressure testing showing pressurized chamber (at pressure P1) and external 

pressure P2. R is the ratio between patch and defect diameter. Data are represented by a scatter plot with median 

and 25% and 75% quartiles (n=3tissue samples). (C) Test set up for varying pre-load.  Data are represented by a 

scatter plot with median and interquartile range (n=3 tissue samples). P value was determined by a Kruskal Wallis 

test with Dunn’s multiple comparison post-hoc test. 
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Figure A 4-15: Demonstration of transvascular access. (A)The catheter is shown accessing the right ventricle 

through the superior vena cava (SVC) and going through the septum. The right ventricle (RV) of the heart is 

opened for visualization purposes and the left ventricle (LV) is intact. (B) The catheter is shown outside the heart 

following the path through the SVC into the right atrium, then into the RV and crossing septum to the LV. (C) The 

catheter is shown entering the RA from the SVC then into the RV, and across the septum to the LV. Both ventricles 

are opened for visualization. The inset shows the access through the SVC. The fiber is inside device for 

photographs. 

 

4.4.8 Proof of concept of device reducing ventricular septal defect (VSD) in vivo 

The device functionality was demonstrated in vivo in a large animal (porcine model, n = 3).  A VSD 

was created by guiding the balloon catheter device (in the outer shaft) through the septum into the 

LV (figure A4.16a,b) and the procedure was performed in a beating heart with 2D and 3D 

echocardiographic monitoring (figure A4.16c-g). No intraoperative complications were observed. 

The procedural steps were successful and the PGSU patch was attached to the septum, confirmed by 

echo (figure A4.16f,g) and postmortem gross organ evaluation (figure A4.16h). Pull-off testing was 

not carried out for in vivo tissue samples as ultrasound echo imaging provided functional data that 

demonstrated that the patch was sufficiently adhered to the septal wall.    

In one case, the VSD was created in a two-step procedure (catheter guidance through the removal, 

then re-entry into the defect with another device). In this case, a reduction of flow diameter through 

the defect was observed from a VSD diameter of 5.5 mm (figure A4.16e) to 1.4 mm (A4.16f). 

Reduction in defect to a size of 1.6 mm with open heart surgery is considered adequate, as residual 

defects less than 2 mm are reported to spontaneously close within 1 year in humans 347.  
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Figure A 4-16:  Proof of concept of device reducing ventricular septal defect (VSD) in vivo. (A) A schematic of the 

device in a cross section of the heart. (B) Access for in vivo procedure showing anterolateral thoracotomy, position 

of echo probe and RV access through a purse-string suture, which is used to maintain a seal around the device 

during the procedure. (C) Echocardiograph showing visualization of device insertion into LV (catheter shaft 

demarcated by dashed blue lines) (D) Echocardiograph showing the two inflated balloons (demarcated by blue-

dashed lines). (E) Echocardiograph with Doppler flow pre-patch implantation showing an average VSD diameter of 

5.5mm. (F) Echocardiograph with Doppler flow post-patch implantation showing an average VSD diameter of 

1.4mm. (G) Echocardiograph of the patch on the septum VSD=ventricular septal defect. (H) Patch adhered on the 

heart following the procedure. 
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4.5 Discussion 

In this chapter of the appendix, I have described a technology for defect closure in biological tissues, 

which presents several advantages over currently available treatments. First, this catheter-based 

device can achieve patch to tissue adhesion by transmitting, reflecting and spreading UV light, with 

no mechanical anchoring and without leaving any permanent foreign material in the body. Second, 

the device is designed to allow minimally invasive access to the defect site with subsequent patch 

deployment, even in extremely challenging, hard-to-access anatomical settings. Finally, the presence 

of a stabilizing balloon can ensure adequate compression forces to achieve adhesive activation. The 

entire procedure can be easily visualized and monitored with 2D and 3D ultrasound or endoscopic 

guidance. Although devices for closure of body defect openings have been previously proposed 348, 

most rely on mechanical or suture-based attachment, which can erode tissue over time 332. With this 

device, an elastic biodegradable adhesive can provide adequate tissue fixation that is amenable to 

growing tissues (pediatric population). The catheter device remains in the body for less than five 

minutes and no long-term adverse device-related complications are foreseen.  

With regards to closure of intracardiac defects, an atraumatic device that delivers a biodegradable 

elastic patch and secures it to the ventricular septal wall with a biodegradable adhesive is desirable 

for the following reasons; (i) atraumatic fixation to the septum that does not rely on mechanical 

anchorage of the occluder, (ii) an elastic patch/adhesive system prevents tissue erosion and electrical 

conduction damage, (iii) the tunable biodegradability of the system means that no permanent foreign 

objects remain in the heart (iv) attachment to the septal wall on the left ventricular side is favorable 

in terms of pressure gradients. Although biodegradable septal occluders have been developed 349–354, 

they rely on mechanical anchorage, which may eventually erode tissue or cause perforation 332,355. A 

biodegradable patch system to close intracardiac defects was described by Sideris et al (30–32). 

These early prototypes relied on endothelialization while the balloon was inflated (resulting in up to 

48 hour wait times) 356–358. More recently an immediate patch release (IRP) device has been 
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described with a biodegradable balloon without adhesive 359,360; however, while promising, 

challenges were observed in achieving sufficient adhesion so as to avoid dislodgment 361. 

Encouraging results were reported when the device was used in conjunction with a pH activated 

surgical polyethylene glycol adhesive for left auricular appendage closure 362. This was achieved 

using angiography and contrast injection and required a 45 minute activation time for the adhesive. 

In contrast, we have demonstrated a maximum wait time of two minutes for adhesive activation 

without the need for angiography, using non-invasive echocardiographic guidance.  

For abdominal hernia repair, the weakened area in the muscle wall can be repaired surgically 

(herniorrhaphy); however this technique is limited to small hernias with healthy surrounding tissues. 

Hernioplasty is an alternative technique to repair hernias where synthetic mesh patches are attached 

over the weakened area 336. Alternatively, laparoscopic hernioplasty involves mesh patch placement 

from inside  the abdominal wall and attaching the mesh with hernia tacks 338. This leads to smaller 

incisions and faster recovery time 335 but tack placement is still associated with infection and hernia 

reoccurrence 334,337. The use of our device for hernia repair with a patch and biodegradable adhesive 

can exploit advantages of laparoscopy without the limitations of tacks.   

Ulcer perforations can have up to a 30 % 1-year mortality rate, with intervention-related adverse 

events being a main contributor to this 342. Surgical options include pyloroplasty and gastrojejunal/ 

gastroduodenal resection and reconstruction341. The role of endoscopic procedures for treatment of 

perforated peptic ulcer in elective and emergency situations is controversial, largely due to the lack 

of device that seals the ulcer 339,340,363. A NOTES procedure to close ulcers is desirable as it does not 

require general anesthesia, similar to placing a percutaneous endoscopic gastrostomy (PEG) tube 342  

but the lack of a reliable gastric closure method remains a significant barrier to the widespread 

adoption of such procedures 364. Our initial demonstration of the closure of a hole in the stomach 

highlights the potential for such an approach to address this and in particular, the use of a double 

patch system (possible with our device) may be beneficial to achieving secure closure.   
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While this study demonstrates proof of concept for this approach, I have identified a number of 

limitations in the study that will need to be addressed prior to translation. First, for the in vivo 

porcine model experiments, the catheter was inserted through an artificially created defect in the 

right ventricular wall, but for future clinical applications an endovascular or transatrial approach 

would be more likely. While this is possible with the existing device (figure A4.15), this could be 

better achieved with a more flexible device in combination with a guide wire would help to navigate 

the device to the target site. Second, the catheter-based device is removed through the patch, leaving 

a minimal residual hole. This small hole may be acceptable for a variety of clinical applications (for 

example septal defects) but may not be suitable for others (gastrointestinal defects).  

Having demonstrated the feasibility of this approach for enabling atraumatic repair of tissue defects 

in a minimally invasive manner, future advances can focus on optimization for use in a clinical 

setting. Sufficient light transmission could be achieved with a more flexible mechanism through the 

use of multiple fiber bundles, sculpted to have a conical shape tip. Incorporation of a lumen that 

would enable tracking of the device along a pre-placed wire would be desirable. The residual hole in 

the patch could be sealed by two methods; (i) a catheter that could apply and cure additional 

adhesive following retraction through the patch or (ii) with a second catheter to apply a patch on the 

opposite side of the tissue, as described in figure A4.14. Additional work exploiting patch elasticity 

and valve design would be required to achieve central defect sealing, as demonstrated in the 

Permaseal apical closure device (Micro Interventional Device, Inc.).  The device presented here has 

numerous potential applications, and although the experiments here were conducted with PGSU and 

HLAA any optically transparent patch material (e.g. pericardium, dacron, polyurethane), could be 

used.  The device is scalable, and size or geometry of the balloon or patch can be specified based on 

patient-specific needs (e.g. from pre-procedural imaging).  Further applications include closure of 

other cardiac defects such as atrial septal defect, patent foramen ovale, and iatrogenic defects created 

by transcatheter procedures such as transapical or trans-septal valve replacements. Besides 
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perforated peptic ulcers, additional gastrointestinal applications could include duodenal/esophageal 

ulcer perforations and bowel perforations. Without adhesive, the device could be used for 

photodynamic therapy, which is FDA-approved for endobronchial and esophageal cancers and is 

being investigated for ovarian 365 and breast cancers as well as tumors of the retina 366 or to reflect 

light for crosslinking of vascular tissue, treatment of varicosity, or delivery of low-power laser for 

encouraging stem cell-based regeneration 367. In conclusion, I present a catheter-based device that 

can occlude body defect openings through deployment of adhesive biodegradable elastic materials. 

The device can reduce the invasiveness of surgical procedures, reduce operative times, and 

consequently improve the outcome of these procedures. Although long-term in vivo studies are 

needed, the catheter-based system has promise to accelerate clinical translation for procedures using 

photocurable adhesives, elastic and soft materials and entirely biodegradable closure systems that 

may be especially important for atraumatic closure of delicate and friable tissue. Moreover, the 

device has a vast range of potential clinical applications, which can be extended beyond adhesive 

attachment.  
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