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ABSTRACT OF THE DISSERTATION

Towards a Wireless Pacing System for Vascular Implantation

by
Parinaz Abiri
Doctor of Philosophy in Bioengineering
University of California, Los Angeles, 2019

Professor Tzung K Hsiai, Chair

Over 1 million patients are implanted annually with a pacemaker for the treatment of cardiac
arrhythmias and conduction disorders. However, despite numerous advancements in pacemaker
technology, lead-related complications associated with these devices continue to compromise
patient safety and survival. Wireless power transfer holds great promise for improving health
outcomes in biomedical implants such as the pacemaker. However, efficient power transfer and
effective operational range have remained a challenge within anatomical constraints. In this work,
we demonstrated an intravascular, wirelessly-powered, batteryless, microscale pacer deployed to
the anterior cardiac vein (ACV). First, we employed a novel intermittent transmission remote-
control architecture with improved power efficiency to enable sufficient power transfer without
compromising on Specific Absorption Rate (SAR). We then integrated this architecture into a 3-
tiered, 2-sub-system, 4-coil design, which operates on two different frequencies. Our pacemaker
was designed to achieve wireless power transfer over a 55 mm range from an external transmitter
to an intravascular receiver. A charging sub-system was designed to transmit power over 25 mm

using inductive power transfer to a subcutaneous receiver, which then charged a battery feeding



the transmitter of a stimulation sub-system. We then introduced a stimulator circumferentially
confined to a 3 mm diameter hollow-cylinder that delivered >5 V using wireless power transfer at
13.56 MHz, with over 20 mm transmitter-receiver displacement between the subcutaneous unit
and pacer unit. Further validation was performed using Finite Element Method (FEM) simulation
of the cardiac cycle, guided by anatomical variations established by Magnetic Resonance Images
(MRI). Finally, we demonstrated the capacity for both ex vivo and in vivo pacing of pig hearts
following pacer deployment in the ACV. This introduced, for the first time, the unprecedented
capacity for wireless intravascular pacing with potential for multi-organ stimulation. Thus, the
proposed system design has the potential to bypass the multitude of complications associated with
pacemaker wires, repeated procedures for battery replacement, and mechanically burdened

fixation mechanisms.



The dissertation of Parinaz Abiri is approved.
Yu-Chong Tai
Alireza Khademhosseini
Linda L Demer
Peyman Benharash

Tzung Hsiai, Committee Chair

University of California, Los Angeles

2019



Dedicated to my beloved parents

and incredible brothers.



TABLE OF CONTENTS

L INEFOTUCTION ... bbbt r bbb ene s 1
1.1, BACKGIOUNG ...ttt st sbe e e neenneenee s 1
1.2. Alternatives to a Lead-Based SyStem DeSigNS ........ccccoerererinirieiienese e 4
1.3. RF-Based Wireless Power Transfer SYStEMS ..........cccooiiiiininiiieicncsc s 6

1.3.1. Far-Field Wireless POWEr TranSter.........cccoiiiiiiiiiiiieeeee e 6
1.3.2. Mid-Field Wireless POWer Transfer...........ccooviiiieniiiieeee e 9
1.3.3. Near-Field Wireless POWer Transfer ... 10

2. Design of a Miniature Pacing SYSTEM.......cccooiiiiiiiiieieie e 19
2.1. Remote-Controlled StImulation ...........ccoceiiiiiiiii e 20
2.2. Three-Tiered Pacemaker DESIGN.........ccuiiririieiiiiiesie et 24

3. Wireless Power Transfer in Stimulation Sub-System...........ccccocviiiiiiiii, 29
3.1. Feasibility Analysis of Pacer ArchiteCture .............ccoovviieiininiciee e 29

3.1.1. COil DESIGN CrITEITA ...c.veuveiiiiitisieiii et 29
3.1.2. RECEIVEr COIl DESIGN ...ccuviviiiiieisiesi e 32
3.1.3. Transmitter Coil DESIGN.........coiiiiiiiiieieie s 35
3. L4, CIFCUIT DBSIGN ...ttt bbbttt bbb 35
3.1.5. Coil Displacement MeasUIrEMENTS .........cceruerereriererinesieeeie e 36
3.1.6. Comparison of Power Transfer Efficiency Over Distance ............c.ccoccoevruenne. 37

Vi



3.1.7. Comparison of Power Transfer Efficiency Over Angular Misalignments ..... 45

3.1.8. Ex Vivo Evaluation of Pacemaker Functionality in Porcine Model............... 49
3.2. Micro-Pacer Translation t0 PraCtiCe ...........cccoiireiiiinenieine e 52
3.2.1. Intravascular Pacer Design and Fabrication ............ccccccvveviiienn e, 52
3.2.2. Assessment of Wireless Transfer Range.........c.cccooveveviieiicie s 55
3.2.3 Simulating Pacing Function Across a Cardiac Cycle ..........ccccoevviveiieinennenn, 62
3.2.4. Ex Vivo Pacing of Porcing Heart...........c.ccceveiieieeic i 71
3.2.5. In Vivo Pacing of Porcing Heart............cccccveveiiiie e 73

. Wireless Power Transfer in Charging SUb-System ..........ccccoocevieiiiiieieece e 78
4.1. Coil Design OPtIMIZALION .......ccueiviiiiriiriisiisieieie e 78
4.1.1. SIMUIALION STUAIES ... 78
4.1.2. Validation STUAIES.......c.cooiiiiieiiie e 91
4.2. Charging SYStem ANAIYSIS.......cooiiiiiiiiiee s 94
 DISCUSSION ...ttt bbb bbb bbb 97
CFUTUIE WOTK . 101
cCONCIUSION L.ttt 105
AADPPENTICES ...ttt bbb 106
8L PEIMISSIONS ...ttt bbbttt b bbb 106
CRETEIBINCES ... e 108

vii



LIST OF FIGURES

Figure 1:
Figure 2:
Figure 3:
Figure 4:
Figure 5:
Figure 6:
Figure 7:
Figure 8:
Figure 9:

Figure 10

Figure 11:
Figure 12:
Figure 13:
Figure 14:
Figure 15:
Figure 16:
Figure 17:

Figure 18:

Current Pacemaker TEChNOIOQY ........oovviiiiiiiiiiceee e 2
Pacemaker Lead-Associated COMPIICALIONS. ........cccveieiieriiiiiiiiseeeeeee e 4
LeAUIESS PACEMAKENS ... eeieieiieiieetie sttt sttt ettt esreesbeeneesreenbeenee s 5
Research in Leadless Pacemaker Technology.........cccocveviiiriiineiiieniec e 6
[llustration of Inductive Power Transfer PRYSICS ........cccooeiiiiiiiiiiieceec e 11
Batteryless Direct Simulation System ArchiteCture..........ccoovvvvieiiiiicn i, 12
Battery-Based System ArChITECTUIE .........cocuiiiiiiiiiee e 15
Multi-Coil Stimulation ArChiteCIUIE. .......ccviiieiiee e 17
SYSIEM ATCNITECTUIE ...ttt nre e e 21
: Remote-controlled stimulation architeCture .............cccoeeviniiinininccee e 22
3-Tiered, 4-Coil, 2-Sub-system ArChItECIUIE ........c.eevereei e e 25
System IMPIaNt STFUCTUIE .......ooviee e e 26
Block diagram of CSS and SSS SyStem deSign..........coceveririiinieiieenese s 27
(@00 T o g 1YY =] [ TSRS 33
Transmitter and Receiver Antenna DeSIgN ........coveviieiiiine s 34
Determining Range of FUNCION .......ccoiiiiiiiiiiicce e 37
Potential Receiver Coil Designs Modeled in Solidworks & ANSYS.......c.ccccceveenee. 38
B-Field SIMUIALIONS.........ooiieie e sne e 40

viii



Figure 19:
Figure 20:
Figure 21:
Figure 22:
Figure 23:
Figure 24:
Figure 25:
Figure 26:
Figure 27:
Figure 28:
Figure 29:
Figure 30:
Figure 31:
Figure 32:
Figure 33:
Figure 34:
Figure 35:
Figure 36:

Figure 37:

Coupling Coefficient Simulation RESUILS...........cccviiiiieiiic e 41
Power Transfer Efficiency Simulation ReSUItS ...........cccccevieviiiicccce e, 41
Bench Studies Experimental SETUP ........cccoiviiiiieie e 43
Power Transfer Efficiency over DISTANCE ..........cccceoveiveveiiese e 44
ANGUIAr COil ASSESSIMENT .....c.viiiiiiecieeie e ae e e sreeneeas 45
X-axis angular misalignment from 0 t0 45 degree ........ccccvvvvevvevecieieece e 46
Y-axis angular misalignment from 010 45 degree ........ccocveeveevecieiiece e 47
Displacement misalignment from 0 t0 45 degrees ........cocevveveeieieeiecie s 48
Porcine Studies Experimental SEtUP ........cccooveiiiic i 50
Porcine Studies Experimental Setup and ReSUILS...........ccccveveiieie e 51
08 S LTS T | o SRS P ST 53
FabrICAtEd DEVICE. ..ot 55
MiSaligNmMENt ASSESSIMENT ........ciuieiiiiecie ettt se e be e sreesre e e sreeee s 56
Benchtop Experiments for Miniature PacCer. ..........ccooviieiieie i 57
Benchtop Experiments for Displacement ASSESSMENT.........cccccveveerieiieieerie e 59
Benchtop Experiments for Vertical Misalignment Assessment............cccceevvvevvvevinnnne. 60
Benchtop Experiments for Horizontal Misalignment Assessment............ccccecvevneane. 61
Comparison of Circular vs. Wrapped Half-Cylindrical Coil Geometry ..................... 62
Cardiac Cycle MR ANAIYSIS........coiieiieccie e 63



Figure 38:
Figure 39:
Figure 40:
Figure 41:
Figure 42:
Figure 43:
Figure 44:
Figure 45:
Figure 46:
Figure 47:
Figure 48:
Figure 49:
Figure 50:
Figure 51:
Figure 52:
Figure 53:
Figure 54:
Figure 55:

Figure 56:

Phantom Tracing Method ..........ccvoieiiiiicc e 64
Circuit and COil DESIGN ...c.vvcieivieiie ettt nre e 66
Cardiac Cycle Simulation EXPEriments .........cccvveieiieeieeie e 67
Cardiac Cycle SImulation RESUILS.........ccvcieiieiice e 69
Simulation and Data for SAR Calculations.............ccccoviiiiiiniiciceeeeee 71
Comparison of Device ACCESS POINT.........ccccivieiiiiiiiccece e 72
EX ViIVO ANimMal EXPEIIMENTS .....ccviiiiiciecie ettt st ee s 73
IN VIVO eXPerimental SELUD ......cveiieie et 75
IN Vivo Animal EXPEriMENTS .......c.coviiiiieii ettt 76
Comparison of Chest Radiographs.........ccccceiieiiiic i 77
Transmitter COil GEOMELITES ......cveiiiiieieierieee e 82
Optimal CSS COil DESIGNS .....cveeiieieiticce e 85
Variable correlations vs. PTE for Planar with N-Turns TX COil..........c.ccccoovneniinenns 86
Variable correlations vs. PTE for Multi-Layer with Single Turn Tx coil................... 87
Variable correlations vs. PTE for Multi-Layer with N-Turn TX cOil.........c..ccocoveeeee. 89
Finite Element ANalysis RESUILS..........ccoiviiiiiiiicic e 92
Charging Sub-Unit Circuit Model...........ccooviiiiiii e 96
MiCro-fabriCation PrOCESS .......c.cciiiiiiie i 101
FULUIE DIFECTIONS ...t 103



LiIST OF TABLES

Table I: Summary of Theoretical Computations for Transmitter and receiver Coils............... 35

Table 1I: Variables for determining optimal design and performing sensitivity analysis for the

transmitter (Tx) and receiver (RX) COilS 0F the CSS........cooiiiie e 79
Table 111: Optimal design variables for the transmitter (Tx) and receiver (Rx) coils................ 84

Table IV: Mean variance between each data point in the normalized dataset demonstrating the

sensitivity of change in PTE as a result of change in the selected variable........................... 91

Table V: Comparison of analytical model results used for Monte Carlo simulation and numerical

model results used in ANSYS Maxwell SImulations. .......oooeee e, 93

Table VI: Variance of sample variance to examine model reliability in which a lower value would

indicate higher repeatability...........cooiiiiii 94

Xi



ACKNOWLEDGEMENTS

I would like to thank my amazing advisor, Dr. Tzung Hsiai, whose extraordinary support,
mentorship, and guidance has made my graduate experience truly rewarding and very memorable.
His trust in me to initiate my own project without any background in the subject and only a promise
of dedication was an unbelievable support and was the encouragement that pushed me forward in
my project. His endless dedication to his students has been a powerful catalyst in my educational

endeavors. His life teachings have also been especially enlightening as | pursue my career goals.

Of course, this project would not have been possible without the amazing support, advice, and
encouragement of my many other mentors. Dr. Yu-Chong Tai has been my greatest challenger and
inspiration in making engineering leaps. Dr. Linda Demer has been my idol physician scientist
whose perseverance and dedication has motivated my own career goals. Dr. Ali Khademhosseini
has been my inspiration to think outside the box in any project or decision. Dr. Peyman Benharash
has been an amazing influence on my learning how to take advantage of my medical background
as a researcher. Finally, 1 want to acknowledge the late Dr. Warren Grundfest, who was an amazing
mentor, not only to myself, but also many others throughout his extraordinary life as a physician,

scientist, and educator.

I would also like to simply thank all of my committee members for their valuable feedback and

interest in my work for the past few years.

Additionally, | would like to thank the many other scientists, engineers, and clinicians who
supported me on this project and helped make this investigation possible, specifically, Dr. Alireza
Yousefi, Dr. Sandra Duarte-Vogel, Dr. Adam Abiri, Dr. Shervin Moloudi, Arash Abiri, Varun
Gudapati, Tzu-Chieh Chou, Dr. Kim-Lien Nguyen, Dr. Malcolm Bersohn, Dr. Dejan Markovic,
Mehrdad Roustaei, Usama Anwar, Dr. Jeffrey Hsu, Dr. Jianguo Ma, Dr. Rene Packard, Dr. Yichen

xii



Ding, and Dr. Yuan Luo. It would not have been possible to build this project from ground-up

without the amazing multidisciplinary mentorship provided by this amazing group of scientists.

| would also like to thank my lab mates, colleagues, and friends for their continuous support,
valuable feedback, and assistance throughout these past years. Their persistent support and

listening skills made our lab an amazing workplace surely to be missed.

Finally, 1 would like to acknowledge the generous funding provided by National Institute of
Health’s National Heart, Lung, and Blood Institute (NHLBI) and National Institute of General

Medical Sciences (NIGMS) as well as the UCLA MSTP David Geffen Scholarship.

Xiii



VITA
Education

MD, UC Los Angeles, June 2021 (expected)

PhD in Bioengineering, UC Los Angeles, June 2019 (expected)
MS in Bioengineering, UC Los Angeles, December 2016

BS in Biomedical Engineering, UC Irvine, June 2013

Honors & Awards

Oral Presentation Winner in Bioengineering Research Day Competition, UCLA, 2019
1st Prize in Department of Medicine Research Day Poster Competition, UCLA, 2018
2018 Grad Slam Finalist, UCLA, 2018

David Geffen UCLA MSTP Scholarship, UCLA, 2013

Summa Cum Laude, UC Irvine, 2013

Multidisciplinary Design Program Fellowship, UC Irvine, 2011

Work Experience

Founder, PulseMed Inc. (02/16-present)

Graduate Student Researcher, UCLA Cardiovascular Engineering Lab (06/15-06/19)
ASUCLA Communication Board Member, ASUCLA (09/17-06/19)

Intern, Medtronic Inc. (04/11-10/15)

Undergraduate Student Researcher, UCI BioMEMS Lab (01/10-05/13)

Intern, Prediction Probe Inc. (07/08-06/11)

Volunteer Experience

Volunteer, Anatomy Academy (11/18-present)
Volunteer, Kid KiPOW (12/18-04/19)
Volunteer, Kaiser Permanente (06/11-03/13)

Peer-Reviewed Publications

Abiri P, et al. A Three-Tiered Wireless Pacemaker with Optimized Coil Design. In Revision.
Abiri P, et al. Multi-Dimensional Analysis of a Novel Approach for Wireless Simulation. In
Revision.

Abiri P*, Luo Y* et al. Non-Invasive Electrical Impedance Tomography for Multi-Scale
Detection of Liver Fat Content. Theranostics 2018; 8(6):1636-1647.

Abiri P, et al. Inductively Powered Wireless Pacing via a Miniature Pacemaker and Remote
Stimulation Control System. Scientific Reports 2018; 7(1): 6180.

Abiri A*, Ding Y*, Abiri P, et al. Simulating Developmental Cardiac Morphology in Virtual
Reality Using a Deformable Image Registration Approach. Annals of Biomedical Engineering.
2018 Dec;46(12):2177-2188.

Abiri A*, Ding Y*, Abiri, P, et al. Integrating light-sheet imaging with virtual reality to
recapitulate developmental cardiac mechanics. JCI Insight. 2017; 2(22):€97180.

Packard RRS, Luo Y, Abiri P, et al. 3-D Electrochemical Impedance Spectroscopy Mapping
of Arteries to Detect Metabolically Active but Angiographically Invisible Atherosclerotic
Lesions. Theranostics 2017; 7(9):2431-2442.

Xiv



Hsu YH, Moya ML, Abiri P, Hughes CW, George S, Lee AP. Full Range Physiological Mass
Transport Control in 3D Tissue Cultures. Lab on a Chip. 13(1): 81-9. 2013.

Ding Y, Lee J, Ma J, Sung K, Yokota T, Singh N, Dooraghi M, Abiri P, Wang Y, Kulkarni
R, Nakano A, Nguyen T, Fei P, Hsiai TK. Light-sheet fluorescence imaging to localize
cardiac lineage and protein distribution. Scientific Reports. 7: 42209. 2017

MaJ, Luo Y, Packard RRS, Ma T, Ding Y, Abiri P, Tai YC, Zhoug Q, Shung KK, Li R, Hsiai
TK. Ultrasonic transducer-guided electrochemical impedance spectroscopy to assess lipid-
laden plaques. Sensors & Actuators B-Chemical. (2016): 154-161

Book Chapters

Abiri P, et al. Wirelessly Powered Medical Implants Via Radio Frequency Electromagnetic
Radiation. Interfacing Bioelectronics with Biomedical Sensing. Ed. Cao H, Ed. Coleman T,
Ed. Khademhosseini A, Ed. Tzung TK. Springer. In Press.

Luo Y, Abiri P, et al. Epidermal EIT electrode arrays for detecting fatty liver infiltration.
Interfacing Bioelectronics with Biomedical Sensing. Ed. Cao H, Ed. Coleman T, Ed.
Khademhosseini A, Ed. Tzung TK. Springer. In Press.

Luo Y, Packard RRS, Abiri P, et al. Flexible intravascular EIS sensors for detecting
metabolically active plaque. Interfacing Bioelectronics with Biomedical Sensing. Ed. Cao H,
Ed. Coleman T, Ed. Khademhosseini A, Ed. Tzung TK. Springer. In Press.

Patents

Abiri P, et al. Multi-Tiered Wireless Powering System for Long-Term Implantable Medical
Devices. The Regents of the University of California, assignee. Patent Pending.
Hsiai TK, Tai YC, Packard RRS, Luo Y, Abiri P. A Method for the 3D characterization of
vascular plaque using electrochemical impedance spectroscopy. Patent Pending.

Selected Presentations

Abiri P, et al. In Vivo Detection of Metabolically Active Plaque using 3D Electrochemical
Impedance Spectroscopy. Biomedical Engineering Society Annual Meeting. Atlanta GA. 2018.
Abiri P, et al. A Wireless Pacing System Miniaturized for Vascular Implantation. 38th Annual
Conference of the IEEE EMBC. Honolulu, HI. 2018.

Abiri P, et al. An Ex Vivo Study of an Inductively Powered Remote-Controlled Miniature
Pacer. Biomedical Engineering Society Annual Meeting. Phoenix, AZ. 2017.

Abiri P, et al. Inductive Power Transfer System for a Wireless Batteryless Miniature
Implantable Cardiac Pacer. 38th Annual Conference of the IEEE EMBC. Orlando, FL. 2016.
Abiri P, et al. Data Analysis Automation and Software Integration to Increase Process
Efficiency. Annual Medtronic Science & Technology Conference, Minneapolis, MN. 2013.
Abiri P, et al. Medical Device Reconstruction Software Within a .Net Framework, Annual
Medtronic Science & Technology Conference, Minneapolis, MN. 2012.

Abiri P, et al. Intravascular Deployment of a Wirelessly Powered Leadless Micro-Pacer.
Cardiology Grand Rounds (Invited Talk), Los Angeles, CA. 2018.

Abiri P, et al. A Next Generation Implantable Device: A Wirelessly Powered Intravascular
Pacer. IEEE EMB Buenaventura Chapter (Invited Talk), Los Angeles, CA. 2019.

Abiri P, et al. Introducing a Wirelessly Powered Miniaturized Intravascular Pacer. Health
Lectures UCLA (Invited Talk). Los Angeles, CA. May 2019

XV



1. INTRODUCTION

1.1. BACKGROUND

Implantable permanent cardiac pacemakers have saved millions of lives over the past five decades
since their introduction. However, these devices continue to compromise patient health and safety
as a result of functional limitations that impact structural stability. A cardiac pacemaker consists
of a pulse generator, which contains all the circuitry and battery, and leads, which are wires that
transmit current generated at the pulse generator to the tip electrodes that then stimulate the cardiac
muscle tissue (Figure 1). Pacemakers are implanted either subcutaneously or submuscular through
an incision made near the shoulder. The leads are then commonly inserted through the subclavian
vein into the cardiac chambers, where they are fixated either passively or actively. In passive
fixation, the lead is held against the endocardial trabeculae through tines that grab onto linings of

the heart. In active fixation, the lead is fixated through a helix that screws into the cardiac tissue.



RV Lead

Figure 1: Current Pacemaker Technology. (A) Illustration of pacemaker pulse generator and various
leads traversing the vessels to enter the cardiac chambers; a pacemaker can have multiple leads for
pacing and sensing to be positioned accordingly for single-chamber or dual-chamber pacing [P1]. (B)
Chest radiograph of a patient with an implant with pulse generator and connected pacing and sensing

leads [P2].

While pacemakers of this form have been implanted in patients every day for decades,
these devices are not short of complications. Over 1 million patients are currently implanted with
a pacemaker annually with nearly one-in-ten of these patients experiencing lead-associated
complications [1], [2]. With an increasing number of implants performed yearly under dozens of
indications, including sinus node dysfunction, atrioventricular block, post-myocardial infarction,
post-cardiac transplantation, tachycardia prevention, congenital heart disease, bifascicular block,
and more, there is an urgent clinical need to minimize the complications associated with pacemaker

implants.



These complications may include lead dislodgement, extracardiac stimulation, vascular
occlusion and hemorrhaging, and electrical abnormalities that develop as a result of insulation
breaks and conductor coil fracture [3], [4] (Figure 2A). Lead implants additionally increase the
risk for infection to the heart valves and erosion of the conduction fibers [5]. Other complications
include tissue puncture during the implant procedure, causing perforation and rupture of the heart
or air entrapment in the lungs known as pneumothorax [6]. The complications may often be life-
threatening and lead to additional surgeries in patients who can range from very young children to
elderly adults. Despite this long list of problems that would ideally be resolved by device
replacement, these complications are compounded by immune-mediated responses that render lead
extraction dangerous [7]. Once implanted, the pacemaker lead-tissue interface develops fibrosis
and adhesion to the surrounding tissue, rendering lead removal a life-threatening procedure [7]
(Figure 2B). If lead extraction is deemed more dangerous than desertion, additional leads are
implanted and the defective device is simply abandoned in the body with the potential to induce

additional complications in the future [8].



Figure 2: Pacemaker Lead-Associated Complications. (A) Insulation break of pacemaker lead as a

result of medial subclavicular musculotendinous complex [9][P3]. (B) Fibrosis surrounding extracted

pacemaker lead, resulting in life-threatening removal procedure [10].

Due to these concerns, in recent years, there has been a shift to focus on the elimination of
leads in permanently implanted medical devices. Eliminating these wires significantly minimizes
many lead-related complications. In addition to pacemakers, implantable stimulators, including
neuromodulation devices used for spinal cord, deep brain, and peripheral nerve stimulation, are
confined by the same lead-based architecture. Thus, developing wireless power transfer for a
variety of implantable devices, including the pacemaker, has the potential to mitigate a host of

device-related complications.
1.2. ALTERNATIVES TO A LEAD-BASED SYSTEM DESIGNS

To address lead-related complications, battery-based leadless pacemakers have been introduced
[11] (Figure 3A). Most recently, the FDA approval of the Medtronic Micra has marked a positive
step towards leadless devices. However, integrating a battery with the pacer body increases device

size and weight [11]-[13]. Large deployment catheters limit patient accessibility and increase
4



fluoroscopy time [12], [13]. Furthermore, repetitive mechanical burden also develops on the
fixation anchor in the myocardium, thus risking embolization. Similar to lead-associated
complications, device extraction is hazardous in case of end of device shelf-life or malfunction
(Figure 3B). In the case of battery exhaustion or device failure, an additional pacemaker
implantation is indicated in the already space-limited cardiac chambers [12], [13]. An FDA report
has further revealed the risk for right ventricular (RV) perforation, pericardial effusion, and device

embolization [12], [13].

(A)

Figure 3: Leadless Pacemakers. (A) Medtronic Micra leadless pacemaker implanted in the right
ventricular apex and fixated via tines attached to the distal end of the device [14]. (B) Fibrosis
developed surrounding the leadless pacemaker as a result of immune response four months after

device implantation [15].

Alternative solutions for leadless devices have been proposed, including utilization of
energy harvesters of mechanical energy [16]-[19] and acoustic energy [20]-[23] (Figure 4).

However, these solutions are limited by size requirements and reliance on an endocardial anchor,



invasive epicardial fixation, dependency on multiple implants and incisions, and/or insufficient

energy harvesting for pacing.

(B) (C)

Stimulus

Batteryless
pacemaker

4

Energy
iTENG & Information

Figure 4: Research in Leadless Pacemaker Technology. (A) Endocardial energy harvester of
mechanical motion [24]. (B) Epicardial energy harvester of mechanical motion [25]. (C) Energy

harvester of ultrasound with four implants and incisions [20].

1.3. RF-BASED WIRELESS POWER TRANSFER SYSTEMS

Recent years have placed much focus on power harvesting through radio frequency (RF), with the
potential to produce sufficient energy for long-term implants. While this technology was
developed over a century ago and has been used in practice for years in consumer electronics as
well as theorized for charging of electric vehicles, its utilization in medical devices has been
limited due certain inherent challenges that result from anatomical constraints that limit sufficient

wireless power transfer.
1.3.1. FAR-FIELD WIRELESS POWER TRANSFER

Far field wireless power transfer is a well-known technology for providing real-time power to
electronic devices, with a recent growing interest in powering medical implants. Far-field is

defined as RF transmission to a receiving antenna that is more than a few wavelengths away from



the transmitting antenna [26]. This distance results in the decoupling of the transmitter from the
receiver; thus, the receiver has no impact on the transmitter’s radiation field [27]-[29]. In far-field,
the radiation field is uniform (assuming a uniform radiator) in shape with the electric (E) field
moving orthogonal to the magnetic (M) field. Furthermore, the radiative power decreases in
strength much more slowly compared to other forms of RF transmission, where the power density
(i.e. Poynting vector [27]) of electromagnetic radiation decreases as a function of the square of the
distance:

_ b (1)
5= ATTR?

where S is the power density, P; is the transmitted power, and R is the distance from the lossless

isotropic (uniformly-radiating) transmitter antenna.

Another advantage of the far-field approach lies in the ability to design the antenna such
that it radiates more strongly in a specific direction. For example, the power beam can be focused
using an array of antennas or dish antennas. It is important to note that the far-field approach has
lower efficiency in water-rich environments, such as biological tissues. The power transfer
efficiency in far-field is described in [29], and can be decomposed into three power conversion
efficiency components:

r r r r
Pac _ Trr o Prr  Fac 2)

eff:—_
chc chc P1Ef P;ﬂf

T

where :;T—tf is the DC-to-RF (frequency up-conversion form DC to a designated high frequency)
dc

. - . Pl . . .. .
conversion efficiency at the energy transmitter, P—tf is the RF-to-RF transmission efficiency (i.e.
rf



medium loss), and % is the RF-to-DC (conversion down-conversion from high frequency to DC)
rf

conversion efficiency at energy receiver (e.g. rectenna [30]). The chief bottleneck in medical
applications is the RF-to-RF transmission efficiency due to losses through the medium consisting
primarily of water. This efficiency can, however, be improved by directional transmission and

beam-forming.

Due to the long-range radiative nature of far-field power harvesting, safety considerations
are significant in its application to medical devices. The use of power harvesting using far-field
electromagnetic waves in medical devices has been studied by a few investigators. Bakogianni et
al examined the efficiency of a power link at various sub-1 GHz frequencies (433 MHz, 868 MHz,
915 MHZz), noting optimal reliability at the highest frequency of 915 MHz at which -5dBm power
level is achieved at 40 cm distance and transmitter output of 30 dBm [31]. Liu et al analyzed the
safety considering for an implantable rectenna (rectifying antenna) for far-field wireless power
transfer using a planar inverted-F antenna in combination of a parasitic patch for improved power
harvesting efficiency. The proposed system (Rx = 3 x 8 mm, Patch = 4 x 8 mm) was shown to
achieve a power level of -11 dBm at an operating frequency of 2.45 GHz and distance of 0.5 m
[32]. While Bakogianni et al and Liu et al were both able to develop a miniature implant, the
received power was insufficient for direct stimulation for cardiac pacing or alternatively demanded
an integrated charge storage unit, such as a battery, for long-term power harvesting. Sun et al
presented a batteryless wirelessly powered pacemaker that harvested energy at 9 GHz. A miniature
receiver chip (Rx =4 mm x 1 mm) was thus presented with which a 1.3 V stimulation pulse was
initiated at 2 cm distance between the transmitting and receiving units [33]. This system, however,
was designed with an inherent interdependency between pulse rate, pulse duration, and voltage

threshold, thus creating a limitation for cardiac pacing applications.
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Overall, while far-field is a promising technology for wireless power transfer, it continues
to suffer from the inability to provide sufficient power without exceeding tissue absorption or

anatomical size limits.
1.3.2. MID-FIELD WIRELESS POWER TRANSFER

Mid-field utilizes a combination of inductive and radiative modes. The idea of mid-field powering
was only recently given prominence by Dr. Ada Poon, whose research has focused on increasing
wireless power transfer efficiency to very small implants inside the body [34], [35]. In their
numerical studies of the mid-field approach, they demonstrated that it can be an efficient way to

transfer power to deep implants in the body despite millimeter-sized receiver antennas.

In their mid-field approach, the human body is considered to be a multi-layer tissue model,
where each layer has specific EM wave propagation characteristic. By optimizing the physical
realization of the source planar antenna, they attempted to achieve the highest efficiency for
delivering power to a small receiver coil in the body. They rewrote the efficiency equation as the
function of current density Js on the source (planar structure) and dyadic Green’s functions Gg and
Gu (defined as E(r) = iwpf Gg(r —r")Js(rdr' and H(r) = [ Gy (r — r")Js(r")dr’', where E
and H are electric and magnetic fields). They then worked towards reaching the maximum

efficiency achievable by any arbitrary source surface current density Js.

The source was then realized with a slot array structure. The patterned metal plate (slot
array) was placed near the skin at sub-wavelength distances away from the small receiver coil. The
ability to focus the field allowed a much smaller antenna to harvest a relatively larger amount of

energy. As shown in Ho et al, a miniature cardiac implant (Rx = 2 mm diameter and 3.5 mm



height) was able to receive 200 uW of power at 5 cm distance from the transmitter (Tx = 60 mm

x 60 mm) at 1.6 GHz operating frequency with 500 mW of input [34].

While mid-field wireless power transfer has made significant leaps in powering miniature
medical devices, it continues to suffer certain limitations. Although continuous midfield powering
has achieved 200 pW over a 5 cm while below SAR safety thresholds, this power output is only
able to meet the requirements of a pacemaker chip (8 uW [36]), and not able to meet the up to 50
mW demands for direct cardiac stimulation. Increased power output via mid-field wireless power
transfer would thus requires higher energy coupled into the system, which would surpass SAR

limits.
1.3.3. NEAR-FIELD WIRELESS POWER TRANSFER

Inductive power transfer occurs as a result of a changing electrical current that induces the
formation of an electromagnetic field around a transmitting antenna (Figure 5). Near-field acts
near the source antenna, formally defined as less than one wavelength (1) away from the antenna
[37]. This region can be separate into two areas: (1) the reactive zone, ranging up to A/2x distance,
and (2) the radiative zone, ranging from A/2x to A distance [26]. In the reactive zone, in which we
primarily operate in near-field applications, either the electric (E) or magnetic (H) field dominate.

In the commonly used loop antenna, the magnetic field is dominant [26].
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Figure 5: lllustration of Inductive Power Transfer Physics. Alternating current (AC) in a
transmitting coil induces a magnetic field that generates a voltage in a nearby power receiving

conductor [P4].

This magnetic field is then able to induce a voltage in a nearby conductor, thus transferring
power wirelessly from one conducting system to another (Figure 5). When a transmitting coil and
receiving coil interact in this phenomenon, they are said to be coupled by the magnetic field
between them. The strength of the magnetic field from the transmitter antenna decreases rapidly
in near-field, following the inverse-cube law over distance (1/d%) [37]. This rapid decline has two
implications: (1) power is contained within only a few wavelengths away from the source and any
near-field effects are negligible further away; (2) the receiving coil must be within a small region

to maintain power transfer efficiency from the transmitting to the receiving system.

In near-field, power transfer efficiency (PTE) is greatly dependent on the geometry of the
transmitting and receiving coils as well as the distance and alignment between the coils. These
dependencies cause some major challenges in the utilization of IPT in medical devices due to
anatomical boundaries in the body that limit antenna size and introduce substantial variations in
power transfer range and alignment. For example, in the case of neural implants, the receiver is
often extremely limited in size; or, in the case of cardiac implants, the receiver faces the challenge

of motion-induced variations in distance and alignment.

Finally, tissue energy absorption is also a significant player in IPT systems. Depending on
the dielectric constant, a substance absorbs different amounts of energy. The level of tissue energy
absorption depends on the tissue type (e.g. skin, fat, muscle, etc.) and the electric (E) field
generated as a result of IPT. The strength of the E-field depends on the amount of power transferred
and the frequency of transmission. The Federal Communication Commission (FCC) has
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established SAR safety limits for humans at 1.6 W/kg averaged over 1 g. An IPT system must

follow these guidelines [38].

Several different near-field system architectures have been established to deliver power

wirelessly to a stimulation system, each to be discussed in the following sections.
1.3.3.1. BATTERYLESS DIRECT STIMULATION
In the first architecture to be discussed, power is transferred sequentially as follows:
1. Power supply (Figure 6A)
2. Transmitter unit with transmitter coil and circuitry (Figure 6B)
3. Receiver unit with receiver coil and circuitry (Figure 6C)
4. Control circuitry (Figure 6D)

5. Stimulation electrodes (Figure 6E)

Tissue

Control _-
Circuits —|:]

Figure 6: Batteryless Direct Simulation System Architecture. Power is wirelessly transferred from a
transmitter coil to a receiver coil, then directly sent to the stimulating electrodes with rate and

duration determined by a control circuity in the receiver.
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This architecture defines the most direct method to transmit power from a remote power
source. Power is delivered continuously from a transmitter (Tx) to the control circuitry in the
receiver (Rx), where rate and duration of stimulation are then controlled based on pre-defined

settings or sensor data input.

This structure is utilized in the vast majority of systems implemented in literature.
Heetderks et al utilized this architecture in the analysis of power transfer efficiency for
significantly large transmitter to receiver size ratios. Millimeter and submillimeter-sized neural
implant receivers (Rx @ = 0.4 — 1.5 mm, Length = 3 mm) were coupled to large transmitters (Tx
@ =90 — 32 mm) at 2 MHz and 20 MHz operating frequency [39]. Given a 4 W power supply,
0.09 — 50 mW was received by the implant without accounting for displacement between the
transmitter and receiver. Von Arx et al also described a fully-integrated neuromuscular electrical
stimulation system (FITNESS) operating at 4 MHz (Tx @ = 80 mm, Rx = 2 x 8 mm?) and 30 mm
distance between the transmitter and receiver, capable of delivering 20mW to the receiver [40].
Neagu et al similarly focused their design on a small receiver (Rx @ = 4.5 mm). With transmitter
and receiver coil separations of 1 mm and 3.5 mm and operating frequency of 3 MHz, they
obtained a maximum system output of 2 mW [41]. In all cases, it can be seen that power transfer
efficiency suffers severely as a result of small receiver size, either limiting the received power or

range of transmission, or sacrificing on SAR regulatory compliance.

Larger receiver sizes can be more practical when needing higher power transfer efficiency
but can also be limiting in implant location and device application. Ali et al designed an inductive
link with larger a receiver coil (Tx @ =27 mm, Rx @ = 12.6 mm) for medical implants at 2.5 MHz
frequency and achieved 40 mW output while simultaneously transferring data at a rate of 128kbps

[42]. Similarly, Li et al designed a wirelessly powered system for medical devices (Tx @ =25 mm,
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Rx @ = 9.5 mm) at 13.56 MHz and achieved 60 mW output and 92.5% efficiency at 3 mm coil
separation [43]. Ghovanloo et al and Parramon et al were able to achieve longer range of power
transfer at 10 mm and 15 mm, respectively [44], [45]. At 5 MHz and using larger receiver coils
(Tx @ = 40 mm, Rx @ = 20 mm), Ghovanloo obtained 78% power transfer efficiency. Parramon
increased operating frequency (10 MHz) and decreased coil sizes (Tx @ = 20 mm, Rx @ = 10 mm)
to achieve 19 mW output. Monti et al took advantage of the same system design at a significantly
higher frequency of 434 MHz (Tx @ = 68 mm, Rx @ = 33 mm), obtaining 51 mW at 1 cm and 10

mW at 2 cm given a power supply of 1 W on the transmitter side [46].

In summary, the batteryless direct stimulation design demands sacrifice in either size or
efficiency. In the case of a small implant, the architecture faces the challenge of delivering
sufficient power while remaining below SAR limits due to large power requirements for
stimulation and inherent inefficiency in an asymmetrical IPT system. In the case of a large implants
with increased efficiency, the architecture faces the challenge of meeting anatomical constraints

for implant position.
1.3.3.2. BATTERY-BASED STIMULATION
In the second architecture to be discussed, power is transferred sequentially as follows:
1. Power supply (Figure 7A)
2. Transmitter unit with transmitter coil and circuitry (Figure 7B)
3. Receiver unit with receiver coil and circuitry (Figure 7C)
4. Energy-storage unit (Figure 7D)

5. Control circuitry (Figure 7E)
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6. Stimulation electrodes (Figure 7F)

Tissue

Charging Control —
battery Circuit —L |

Figure 7: Battery-Based System Architecture. Power is wirelessly transferred from a transmitter coil
to a receiver coil, then sent to a charge storage unit for energy harvesting; a control circuity in the

receiver determined pulse rate and duration before sending power to the stimulating electrodes.

This architecture defines a high-reliability method to transmit power from a remote power
source. Power can be transferred continuously or intermittently from a transmitter to an energy-
storage unit (ESU), such as a small battery or capacitor, in the receiver. The ESU then delivers the
power needed to feed the control unit as well as the stimulation pulse. Due to the intermediary
presence of an ESU, the instantaneous power needed for stimulation does not need to be provided
via the wireless connection, but rather from the ESU, thus allowing for more freedom in inductive
power transfer system efficiency. This ability is important as it allows a lower efficiency system
to be implemented, in which power is slowly accumulated to the necessary threshold and delivered

when appropriate.

The battery-based architecture is valuable in cases in which there is sufficient space for an
ESU and a low-efficiency system has to be tolerated despite the need for high instantaneous

stimulation power. In Lee et al, a wireless cardiac defibrillator was designed using this architecture
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due to the large power requirements for defibration. In their design, an inductive power transfer
system delivered power to a rechargeable battery, which would then feed into a control system and
stimulator circuitry [47]. Lee et al alternatively described an IPT system designed to charge a series
of capacitors preceding delivery to a stimulator. Given a 2.7 Vpp input, the system (Tx @ = 40
mm, Rx @ = 10 mm) with a 2 MHz operating frequency was able to charge pairs of 1uF capacitors

up to 2 V in 420 ps, achieving a high measured charging efficiency of 82% [48].

In summary, while the addition of a battery in the receiver enables power accumulation in
a low-efficiency system for delivering sufficient power to deep tissue implants, it also entails an
increase in device size that limits implant position and fixation. Furthermore, a system consisting
of an ESU is limited by the amount of time needed to sufficiently charge the ESU in preparation
for stimulation. Thus, there is interdependency between pulse duration, pulse rate, charge rate, and

coupling efficiency.
1.3.3.3. MULTI-COIL STIMULATION
In the third near-field architecture to be discussed, power is transferred sequentially as follows:
1. Power supply (Figure 8A)
2. Transmitter unit with transmitter coil and circuitry (Figure 8B)
3. Relay coil (Figure 8C)
4. Receiver unit with receiver coil and circuitry (Figure 8D)
5. Logic circuitry (Figure 8E)

6. Stimulation electrodes (Figure 8F)
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Figure 8: Multi-Coil Stimulation Architecture. Power is wirelessly transferred from a transmitter
coil to a receiver coil, then directly sent to the stimulating electrodes with rate and duration

determined by a control circuity in the receiver.

In this architecture, the presence of one or more intermediary relay coils can significantly
increase power transfer efficiency of the IPT system. This design allows for higher efficiency

where there is anatomical leniency for the presence of additional relay coils.

Kurs et al has presented a four-coil system defined by two primarily interacting coils called
the “source” and “device” coils, and their interacting loop coils: one that is part of the driving
circuit connected to the “source” (defined as “A”) and one that is part of the load connected to the
“device” (defined as “B”). The system was designed such that coupling aws primarily present
between A and source, source and device, device and B. Their system was shown to transfer 60 W

with 40% efficiency over 2 m of distance [49].

Ramrakhyani et al similarly described a four-coil structure in which the transmitting
system consisted of a “driver” coil in proximity to a “primary” coil, and the receiving system
consisted of a “secondary” coil in proximity to a “load” coil. Given a 700 kHz operating frequency
over ranges of 10-20 mm (Rx @ = 22 mm), power transfer efficiency in the four-coil system was

shown to be 80% compared to the two-coil system at 40% [50].
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In Lee et al, a 3-coil system was defined, in which a relay coil was only present in proximity
of the secondary coil of the receiver. The local Rx loop allowed compensation for changes in load
and coupling variations to improve power transfer efficiency. The overall power transfer efficiency

was shown to be 10.5% and 4.7% greater than a similar open- and single closed-loop system [51].

Kiani et al compared the efficiency of a 4-coil system (2 relay coils), 3-coil system (1 relay
coil), and 2-coil system (0O relay coils). At 13.56 MHz and 12 cm coupling distance, their
experiments demonstrated higher efficiency in a 3-coil system, with 35%, 37%, and 15%
efficiency in 2-, 3-, and 4-coil inductive links, respectively [52]. Finally, the placement of multiple
coils in a domino format in coaxial and noncoaxial structures was analyzed by Zhong et al, in
which unequal spacing between the subsequent coils was found to be more efficient than equal

spacing [53].

In summary, while a multi-coil inductive power transfer system architecture allows for
increased power transfer efficiency and range of wireless power transfer, it demands the
implantation of multiple components whose relative positions must be optimized for maximum
efficiency. These limitations may, therefore, hinder practicality in many medical applications in
which the number of incisions must be minimized and anatomical constraints limit control over

the positions of the implants.
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2. DESIGN OF A MINIATURE PACING SYSTEM

Despite numerous advancements in the past few decades in medical device development for the
treatment and diagnosis of disease, the ability to power these devices has not been able to keep up
with the growing trend in miniaturization and adaptability. The need for large batteries, the danger
and inconvenience of multiple surgeries for battery replacement, and the presence of long
implanted wires that can cause life-threatening complications have been lingering limitations in

the medical device world.

Previous work on wirelessly powered medical devices has often focused on improving coil-
to-coil inductive power transfer efficiency. However, given the anatomical and physiological
constraints for medical implants, there is a limited capacity for adjusting the variables that control
the amount of power delivery in an inductively powered wireless system. To address both the size
and absorption requirements, we sought to instead direct our design criteria towards the system
architecture itself, specifically by minimizing the power-consuming functionalities and

components of the wireless power receiving unit.

A pacing system was developed with two key design criteria: (1) to resolve the mechanical
failure points in the fixation mechanism by extensive miniaturization of the pacer, and (2) to
achieve sufficient wireless power transmission from the power source to the geometrically
constrained pacer. The former would allow for implantation external to the cardiac chambers to
avoid high intra-cardiac pressure gradients, while enabling intravascular deployment of the device
to the anterior cardiac vein. The latter would be achieved without exceeding specific absorption

rate (SAR) limits.
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2.1. REMOTE-CONTROLLED STIMULATION

We designed an inductive power transfer system in which the pacer function was entirely
controlled by intermittent power input into the wireless power transmitter tank circuit. The
proposed wireless pacing system consisted of two physically isolated components as shown in the
block diagram (Figure 9A) and circuit diagram (Figure 9B-C). The pacing unit was miniaturized
by maintaining only the core essentials for delivering a stimulatory pulse to the myocardium.
Therefore, it consisted of no internal control mechanism with its function being to act solely as a
transformation unit, acquiring an AC input from the parallel resonant tank circuit to convert into a
DC output for cardiac stimulation (Figure 9C). In addition, this pacing module did not encompass
any charge storage unit, such as a battery or capacitor. The entirety of the functional components
and control structure for the pacer was integrated into the transmitter, consisting of the control
circuitry, class E power amplifier (PA), and series resonant tank circuit (Figure 9B). An analog
switch would permit power delivery at the desired heart rate and pulse width for intermittent power

transfer to the tank, and ultimately the receiver on the epicardium.
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Figure 9: System Architecture. (A) A block diagram highlights the wireless pacing system with
“remote-controlled” stimulation on the receiver side using intermittent power transfer from the
transmitter side. (B) The transmitter circuitry consisted of the primary functional components of the
pacemaker that remotely control and power the stimulator on the heart, including a switch, potential
control input from a sensor, Class-E PA, and series resonant tank circuit. (C) The receiver circuitry
consisted of only the components necessary to output a regulated voltage to the two electrodes,
including a parallel resonant tank circuit, bridge rectifier, and voltage regulator. (D) A cartoon
diagram depicts the pacer implant location into the anterior cardiac vein, which is made possible

through miniaturization using a remote-controlled stimulation system.
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In this architecture, power would be transferred sequentially as follows:
1. Power supply (Figure 10A)
2. Control circuitry (Figure 10B)
3. Transmitter unit with transmitter coil and circuitry (Figure 10C)
4. Receiver unit with receiver coil and circuitry (Figure 10D)

5. Stimulation electrodes (Figure 10E)

Control
Circuit
A B

Figure 10: Remote-controlled stimulation architecture. Power is modulated through a control
circuitry, which determines rate and duration before sending power to the transmitter coil. Feedback
control from a sensor may be placed here. Power is then wirelessly transferred from a transmitter

coil to a receiver coil, then sent directly to the stimulating electrodes.

Thus, pacing activity was entirely controlled remotely via intermittent power delivery from
the transmitter at short pulses. In the case of cardiac pacing, pulse duration for stimulation (and
thus wireless power transmission) would range between 0.2 to 1 ms. The pacer would enter “idle
mode” during the non-stimulation period and switch to “active mode” during stimulation. In this

work, we set the “active mode” duration to 1 ms. This stimulation duration is considered to be in
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the upper range for an effective pulse width as a result of the leveling effect of the strength-duration
curve [54]. At 60 beats per minutes (BPM), this 1 ms “active mode” would be separated by
intervals of 999 ms in “idle mode.” Unlike continuous wireless power transmission, the receiver
would not consume power during the prominent “idle mode” as there would be no power-
consuming circuitry or function in the remote receiver during this period; this would effectively
reduce the power consumption by 1000-fold. This reduction would be further amplified by a
shorter pulse duration within a given time period. Therefore, the power efficiency is often

improved by > 1000-fold as pulse duration typically ranges between 0.2 ms to 1 ms.

The advantages of separating the stimulator from the control system are thus four-fold. The
first lies in the size reduction of the receiver through the removal of complex control circuitry. The
second resides in the reduction in power requirements of the remote device. Wired transmission is
far more power efficient than a wireless approach. Thus, by placing the majority of components
inside the transmitting module with direct connection to a battery, the overall power requirements
of the device were substantially reduced. The third advantage lies in a further reduction in power
consumption via delivery of several short-pulse wireless transmissions as opposed to a single long
transmission that continuously supplies the circuit or charges a small charge storage unit. This
intermittent-type powering mechanism is achieved with the receiver designed only to function as
a stimulator with greater than 99.9% inactivity and with less than 0.1% of the time during which
power is needed for pacing. In contrast, inclusion of additional functions would require continuous
power supply. Consequently, while 99.9% of the time the pacer would be in a “idle mode” (i.e.
not delivering a stimulatory pulse), some power would continue to be needed for maintaining the
remaining functions. Power reduction through intermittent transmission is analogous to the method

implemented by Bluetooth Low Energy (BLE), in which cyclic intervals of “activity” and “sleep”
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allow for power consumption primarily in the “active” periods. In our pacing system, “sleep”
intervals have zero power consumption and “active” intervals consume power exactly equivalent
to that necessary to stimulate cardiac tissue without additional losses from a logic circuitry. The
transmitting circuitry will, accordingly, become active only when the switch allows passage of
current into the system, thus, significantly reducing power losses in the non-ideal inductive power
transmission circuit. The fourth advantage is the consequential reduction in tissue absorption as a
result of decreased time of transmission. This reduction allows for increased amplitude for each

short duration pulse to increase power transfer while remaining below SAR safety limits.

2.2. THREE-TIERED PACEMAKER DESIGN

As a reminder, our goal was to design a pacemaker with (1) miniaturization of the pacer while (2)
maintaining sufficient wireless power transmission from the power source to the geometrically
constrained pacer. Our remote-controlled intermittent transmission stimulation architecture was
able to achieve our first goal; however, extensive variations in patient anatomy (e.g. large BMI)

would necessitate further increase in wireless power transfer range.

To address the limitations of inductive power transfer, we established a three-tiered system
design consisting of two independently functioning two-coil systems (Figure 11). We defined
these two systems as the “Stimulation Sub-System” (SSS) and “Charging Sub-System” (CSS).
Each sub-system functioned under two distinct operating frequencies to avoid system-to-system

interference and inter-dependence.
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Figure 11: 3-Tiered, 4-Coil, 2-Sub-system Architecture. Each unit is shown in individual boxes with
the external unit being the primary power source, the subcutaneous unit being the intermediary
component to store and release power to the pacer unit for intermittent short-pulse stimulation. In
this figure, the Charging Sub-System (CSS) is illustrated in green and Stimulation Sub-System (SSS)

is illustrated in blue.

The three tiers of the complete pacemaker system consisted of (1) an “External Unit” to
encase the transmitter coil and control circuitry of the CSS, (2) a “Subcutaneous Unit” to encase
the receiver coil of the CSS, a charging circuitry, a rechargeable battery, sensors, the control
circuity of the SSS, and the transmitter coil of the SSS, and (3) a “Pacer Unit” to encase the receiver

coil of the SSS, a rectifier and regulator, and stimulation electrodes (Figure 12).
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Muscle/Adipose/Skin External Unit

Subcutaneous Unit
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Figure 12: System Implant Structure. The relation of the external unit, subcutaneous unit, and pacer
unit is illustrated in the presence of skin/adipose, tissue/muscle, ribs, and the heart. The external unit
is placed above the surface of the skin. The subcutaneous unit is placed underneath the skin and
above the sternum and ribs. The pacer unit is placed in contact with the heart in a coronary vessel

via a similar fixation mechanism as a stent.

The proposed architecture entailed the utilization of intermittent wireless power transfer to
independently meet the demands of each sub-system (Figure 13). We began with the simulation
unit, the first of the implanted components in the SSS. In the case of a cardiac pacemaker, the
device was designed for catheter-based intravascular deployment to the anterior cardiac vein
(ACV). This design required a millimeter-sized receiver coil, thus resulting in an inherently
inefficient inductive power transfer system. We overcame this limitation by taking advantage of a
remote-controlled stimulation architecture as previously described in Section 2.1. Remote-
Controlled Stimulation [55]. As such, for a heart rate of 60 beats per minute (BPM), power would
be wirelessly and intermittently transmitted from the second implanted component, the

subcutaneous unit, at a pulse frequency of 1 Hz for a pulse duration of 0.2 ms to 1 ms. This
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architecture is essential for reducing power consumption, specific absorption rate (SAR), and
receiver size. These conditions are optimal for the SSS, in which its simulation unit has
significantly limited space available within the anatomical constraints of the ACV. A rechargeable
battery was placed in the subcutaneous unit to meet the power demands of the SSS. This battery
would be charged as a consequence of the CSS. The receiver of this sub-system was encased in
the implanted subcutaneous unit, while the transmitter was encased in the external unit. This
external unit would only to be worn during infrequent charging sessions. This frequency and the
charging duration would be dependent on the SSS power consumption, battery capacity, and

efficiency of the CSS wireless transfer system.

Resonant Control Power
Capacitor Circuitry Source

Charging Sub-System
Lower Frequency

Longer Range
Resonant Transformer AC-DC Charging
Capacitor Converter Circuitry
Resonant Control Sensor Batt
Capacitor Circuitry Feedback attery

Stimulation Sub-System

Higher Frequency
Shorter Range Resonant AC-DC DC-DC Anode
/_/ Capacitor Converter Converter Cathode

Figure 13: Block diagram of CSS and SSS system design. Each sub-system utilizes intermittent

remote-controlled inductive power transfer at a different frequency, resulting in the stimulation of

cardiac tissue over a long range.
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This three-tiered, two-sub-system design ultimately entail several advantages that optimize
its application in biomedical implantable devices. The ability to use different frequencies
decouples the power transmission between the two sub-system and allows for adaption to the
environmental constraints encountered by each sub-system, including space availability,
transmission range, and transmission frequency. In the case of the SSS, the pacer unit faces
extreme anatomical constraints in the anterior cardiac vein, whereas the subcutaneous unit has
more freedom underneath the skin within the anterior chest wall. In the case of the CSS, the
external unit has maximum freedom in size but must also transmit power over a longer range in
the setting of variations in the thickness of the chest wall and manual positioning of the chest strap
by the patient. Flexibility in frequency selection is also important for meeting SAR demands in
each sub-system in which the length and frequency of transmission also varies. The SSS
experiences short and frequent transmission, while the CSS experiences long but infrequent

transmissions.

In the following sections, we will focus on the design criteria for each of the sub-systems

based on these environmental differences and their power recruitments.
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3. WIRELESS POWER TRANSFER IN STIMULATION SUB-SYSTEM

3.1. FEASIBILITY ANALYSIS OF PACER ARCHITECTURE

3.1.1. ColL DESIGN CRITERIA

The power transfer efficiency of an inductive link depends on two primary factors: (1) the quality
factor of the transmitting and receiving coils, and (2) the coupling coefficient between the

interacting conductors, as shown in Equation (3) [56]:

k?Q1Q2, Qa1

= ) : 3
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where Qq is the quality factor of the transmitter antenna, Q: is the quality factor of the receiver

antenna, Qz;, = Q2Q,/Q2 + Qp, and Q, = Rypqa/27f L.

Both variables presented significant design challenges. The quality factor, Q, represents
the ability of the resonant circuit to retain energy and is heavily influenced by transmission

frequency, f, as shown in Equation (4) [57]:

_ 27TfL (4)
Regr

where f is the operating frequency, L is antenna inductance, and Res is the effective ohmic losses.

While a higher frequency increases the quality factor, it also leads to an increase in tissue

absorption. This presented two key challenges: (1) the device must adhere to guidelines established
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by the Federal Communications Committee (FCC) for radio frequency (RF) Specific Absorption
Rate (SAR) limits, and (2) increase in tissue absorption leads to decreased power transfer from the

transmitter coil to the receiver coil [38].
The coupling coefficient, k, is heavily influenced by antenna geometry, as shown in
Equation (5) [37]:

rir?
k= 12 3cost9 (5)

Vi, (V r12+D2)

where r1 is transmitter coil radius, r2 is receiver coil radius, D is distance between coils, and 4 is

the misalignment angle.

Coil geometry also impacts the inductance, which in turn influences the quality factor, as
shown in Equation (4). However, the dimensions of the device are restricted to the small size
capacity of the cardiac implant location. The dimensions of the receiving unit, which will be in
contact with the cardiac tissue, must be maintained below a few millimeters to prevent mechanical
stresses on the fixation anchor, thus ultimately leading to significant reductions in the coupling

coefficient.

Two additional challenges were presented as a result of motion-induced variations between

distance and alignment between coils due to cardiac contraction:

(1) Changes in the relative position of the two coils impacts their tuning due to a change in
mutual inductance, which is a result of the interaction of one coil’s magnetic field on the
other. A simple method to account for this variation in inductance without the addition of
more complex circuity is through dependence on a larger frequency bandwidth, which can

be defined as follows:
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where Q is the quality factor, f is the operating frequency, and B is the bandwidth.

As aresult of this relationship, while a higher Q means increased power transfer efficiency,
it also means a lower bandwidth. Thus, the system demands a compromise in design criteria
to optimize the effectiveness of wireless power transfer.

(2) Coupling coefficient can be defined by the mutual inductance:

M = k,/L,L, (7)

where M is the mutual inductance, k is the coupling coefficient, L1 is the transmitter coil
inductance, and L. is the receiver coil inductance.

As the coupling coefficient increases, so does the mutual inductance. However, the mutual
inductance affects tuning of the circuitry. Therefore, here, we are inclined to make a second

compromise for optimal design.

With these concepts in mind, our coil design was then guided by two physical constraints:
(1) geometric constraints for the implants, and (2) requirements for the range of power transfer.
The coils were developed as planar spiral coils to maintain flexibility and to minimize size along
the z-direction (i.e. device thickness). The boundary condition for the overall inductor size was
preset based on implant position, thus allowing variability only in the inductance and effective

resistance according to Equations (4) & (5).

The coil inductances were impacted by the number of turns, wire radius, and wire spacing

within the coil’s geometric boundaries as determined by using the Modified Wheeler formula by
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Mohan et al [58]. The AC resistance of the coil was impacted similarly by these factors, as shown
in Equation (8) [57]:

l
" 2macé

(8)

Ryc

where | is wire length, a is wire radius, o is wire conductivity, and ¢ is skin depth defined by

Equation (9) [57]:

1

o= VTtf tholtrO ®)

where Lo is the permeability of air, and p is the permeability of copper.

While inductance must be maximized to improve Q, the impacting variables negatively
influence coil resistance as shown in Equations (8) and (9): (1) an increase in the number of turns
increases wire length, leading to M [ and R4, (2) a decrease in wire radius reduces surface area
of conduction, resulting in Ya and MNR,., (3) an increase in frequency decreases skin depth of
conduction, leading to /N f, ¥ &, and PR,. Furthermore, a reduction in the wire-to-wire spacing
increases eddy current dampening and wire resistance. Thus, these parameters dictated the

variations in coil designs [57].
3.1.2. RECEIVER CoIL DESIGN

The stimulation unit of the SSS was the final recipient of power in our multi-level system and
encountered the most stringent constraints. Analogous to the deployment of an intravascular stent,
the device was designed to be fixated in the anterior cardiac vein (Figure 14), thus limiting the

device size to the vessel diameter of 3.8 + 0.7 mm [59]. This location was selected to provide the
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optimal combination of minimizing distance to the transmitter, while maximizing the space for a

larger implant and maintaining ease-of-access for catheter-based deployment.

Great
Cardiac
Anterior Vein

Cardiac

Coronary
Sinus

Figure 14: Coronary Veins. The anterior cardiac vein is shown to be a branch of the great cardiac
vein, which is a branch of the coronary sinus. This access point provides for a catheter-based delivery

mechanism to the implant position [59].

Three different coil designs were investigated with 4 turns of a 30 AWG wire: (1) a coil
with a circular geometry and no spacing between each turn (Figure 15B), (2) a coil with an
elliptical geometry with no spacing between coils in the x-direction and over 2 mm of spacing
between coils in the y-direction (Figure 15C), and (3) a coil with a circular geometry and spacing
between coils equal to that of the wire diameter that forms into a half-cylindrical shape via a
gradual fold in the z-direction along the y-axis of the coil; this configuration was further
supplemented by a meandering trace with three turns of the coil (Figure 15D). The wrapped
modification into a half-cylinder achieved a smaller size in the x-direction, while maintaining
distance between the turns of the coil along the diagonal direction to minimize proximity effects
and capacitive coupling. Furthermore, the addition of the meandering structure to the spiral-shaped

antenna can improve power transfer efficiency over a greater range despite misalignment. The
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meander allowed for the placement of a condensed linear antenna structure with an alternative
field capture in a small space to enhance power absorption. Thus, the coil provided sufficient
power transfer in the setting of dynamic cardiac contractions, which create variations in the

transmitter-to-receiver transmission angle [60].

— o

(A) (8) (€ (D)
Width = 4mm -
gouler =40mm 6outer =5mm R\
einner =10mm ginner =1mm \ D

£
5
(=]
o~
n ( i
- X-axis
Eﬁ 0.1204 mm
Q
X £
£
wn
-
[}
a8
; S
y-axis =
T
X-axis
Width = 3mm
z-axis

Figure 15: Transmitter and Receiver Antenna Design. (A) The transmitter coil was designed as a
planar spiral coil with a 10 mm inner diameter, 40 mm outer diameter, 23 AWG wire, and 18 turns
of the coil. (B) Receiver coil designed with 4 turns of 30 AWG wire with a circular geometry and no
spacing between each turn resulting in a 5 mm outer diameter. (C) Receiver coil designed with 4
turns of 30 AWG wire with elliptical geometry without spacing between coils in the x-direction,
resulting in a width of 4 mm, and over 2 mm of spacing between the coils in the y-direction, leading
to a height of 20 mm, and (D) Receiver coil designed with 4 circular turns and 3 meandering turns of
a 30 AWG wire. The upper figure highlights a coil with a circular geometry and spacing between
coils equal to that of the wire diameter. This configuration wraps into the z-direction along the y-axis
of the coil and forms into a half-cylindrical shape. This design was further supplemented by a
meandering structure, resulting in a final antenna shape shown at the bottom-left with width of 3
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mm, height of 15 mm, and depth of 2 mm. The lower right diagram demonstrates > 50% space

reduction along the x-direction through the transfer of coil spacing into the diagonal.

3.1.3. TRANSMITTER CoOIL DESIGN

The transmitter coil of the subcutaneous unit had more flexibility in size and shape due to more
available space in the anterior chest wall. To minimize aesthetic side-effects, the transmitter was
designed as a planar coil with a diameter of 40 mm, with a 23 AWG copper wire, spaced apart by

a distance equal to that of the wire diameter with 18 turns of the coil (Figure 15A).
3.1.4. CiRcuUIT DESIGN

The system was designed using a carrier frequency of 13.56 MHz based on frequency band
assignments for medical devices and tissue absorption criteria in consideration with power transfer
efficiency goals [61]-[63]. The resonant capacitor, Cres, for each corresponding inductor was
computed using Equation (10) [57]:

1

L(2mf)? (10)

Cres =

where L is the inductance and f is the carrier frequency.

Power transfer for an inductive link is maximized when LC tank circuits of the transmitter

and receiver are both tuned to the same resonant frequency, in this case 13.56 MHz (Table 1).

Table I: Summary of Theoretical Computations for Transmitter and receiver Coils

Parameter | Transmitter | Circular Receiver | Elliptical Receiver | Cylindrical Receiver

L (nH) 9940 160 225 134

C (pF) 14 890 610 1040
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A Class E Power Amplifier (PA) was implemented for the transmitter for its capacity to
maintain high efficiency with low DC input current and high AC output current into the tank
circuit. The Class E PA was designed based on principles described by Sokal [64]. In the selection
of the MOSFET, essential parameters included the low on-resistance (Rpsoon)), low output
capacitance (Coss), and low gate threshold voltage (Ves(thy). We elected to proceed with the BS170
MOSFET (MFG P/N BS170FTA). For the DC input, stimulation rate was controlled via an IC

switch (MFG P/N TS12A4514DBVR),

A bridge rectifier and low-dropout regulator were employed in the receiver circuity
following the tank circuit. The rectifier was implemented using Schottky diodes (MFG P/N
SMSA3923-011LF) to minimize power drop across the diode. A resistor was used to simulate the

load impedance experienced at the electrode-tissue interface.
3.1.5. CoIL DISPLACEMENT MEASUREMENTS

The range for power transmission was assessed via thoracic Magnetic Resonance Images (MRI)
to determine the anatomic displacement between the transmitting and receiving units. All imaging
studies were approved by the UCLA Institutional Review Boards (IRBs) and informed consent
was obtained from participants. Measurements were made at six equidistant points along the red
box highlighted in Figure 16 and the average value was used to estimate the displacement between
the right ventricular (RV) free wall, near the septal wall and the RV apex, and the anterior chest
wall, below the adipose tissue, at the sternal border. Adipose tissue anterior to the sternum poses
the greatest source of variation in the distance between the transmitter and receiver. For this reason,
in bypassing the fat layer, we were able to better predict the interaction between the transmitter-

receiver pair and improve power transfer efficiency.
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Anterior

Figure 16: Determining Range of Function. Thoracic MR images in which the left image shows the
sagittal view with the yellow line representing the cross-reference line for the axial black blood image
in right image. The red box represents the region in which measurements were made in both views.
The distance, 8, represents the displacement measured along the region of the red box in which the
receiver will be located in the anterior cardiac vein and the transmitter will be located in the anterior
chest wall below the adipose tissue along the sternal border. PA: pulmonary artery, RV: right

ventricle, LA: left ventricle.

MRI displacement measurements revealed an estimated transmitter-to-receiver distance of

2.0 £ 0.85 cm, which established the testing criteria.

3.1.6. COMPARISON OF POWER TRANSFER EFFICIENCY OVER DISTANCE

3.1.6.1 SIMULATION STUDIES

Three receiver coil geometries were modeled in Solidworks computer-aided design software. The
models were imported into ANSYS Maxwell Finite Element Analysis software (Figure 17). The

transmitter of Figure 15A was positioned at varying distances apart from the receiver coil. Based

on the estimated range of anatomical displacement between the transmitter and receiver implant
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position from MRI measurements, inductive power transfer from the transmitter to each of the

three receivers was examined from a range of 1.0 cm to 3.0 cm.

@
o

| <>

Figure 17: Potential Receiver Coil Designs Modeled in Solidworks & ANSYS. (A) 4 turns of 30 AWG
wire with a circular geometry, resulting in 5 mm outer diameter. (B) 4 turns of 30 AWG wire with
elliptical geometry, resulting in 4 mm width and 20 mm height. (C) 4 circular turns folded into a half-
cylinder and 3 meandering turns of a 30 AWG wire, resulting in width of 3 mm, height of 15 mm,

and depth of 2 mm.

Using the Eddy Current solver in ANSYS Maxwell, we simulated the magnetic (B) field,
inductance, resistance, and coupling coefficient resulting from the 13.56 MHz alternating current
(AC) in the transmitting coil and its impact on the receiving coil. The simulation profile was
established with Current Excitation in the transmitter and receiver with a 90-degree phase shift in

the receiver AC current. The meshing was set up as follows:

1. To increase accuracy of the numerical model, a denser mesh was necessary near the
surface of the coil. This modification was essential since the majority of current would be

flowing near the coil surface as a result of the skin effect. To achieve this increased mesh
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density near the surface without increasing density throughout the geometry cross-
sectional area, two skin layers were generated. Each skin layer maintained the same shape
as the target geometry, but with a smaller diameter. The diameter of the skins was
determined as shown in Equation (11) based on the skin depth at the selected frequency

as computed by Equation (9):
d=D-né (11)

where d is the skin diameter, D is the coil diameter, n is the skin layer, § is skin depth as

a result of the skin effect.

2. The mesh for each skin layer was then generated using the Surface Approximation mesh
operation.
3. The mesh for the coil geometry was generated using adaptive curved surface meshing and

classic mesh method.

An air box geometry of size 500 x 500 x 500 mm with a Radiation boundary was created

to surround the transmitter and receiver coils. Convergence was established with a 2 percent error.

The B-field results of the simulation for the half-cylindrical receiver coil with meandering
tail can be seen Figure 18 demonstrating the exponentially waning magnetic field captured by the

receiver coil as the distance between the two conductors increased from 1.0 cm to 3.0 cm.
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Figure 18: B-Field Simulations. (A) Magnetic field experienced by the receiver coil at 1 cm distance.
(B) Magnetic field experienced by the receiver coil at 2 cm distance. (C) Magnetic field experienced
by the receiver coil at 3 cm distance. All displayed B-fields are based on half-cylindrical receiver coil

with meandering tail.

The coils’ internal resistance and inductance as well as the coupling coefficient between
the interacting components were computed by the solver and imported into PSPICE Electronic
Circuit Optimization & Simulation software. We simulated the circuit of Figure 9 with a 500-ohm
load at the receiver, which is representative of the impedance of a typical standard-impedance
pacemaker stimulation lead electrode. We measured the power transfer efficiency based on the
voltage across the load in the receiver given an input voltage of 5 V and power of about 250 mW
to the transmitter. This instantaneous input power would be equivalent to 250 uW of average

power given a 1 ms pulse duration and 60 BPM target heart rate.
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Coupling Coefficient over Distance
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Figure 19: Coupling Coefficient Simulation Results. Coupling coefficient and quality factor
computed for each of the three receiver coil geometries through ANSYS Maxwell simulation across
1.0 to 3.0 cm distance between the transmitter and receiver coils. Results indicate higher coupling

coefficient for the half-cylindrical geometry with the meandering tail.
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Figure 20: Power Transfer Efficiency Simulation Results. Power transfer efficiency computed in

PSPISE software based on coupling coefficient and quality factor computed for each of the three
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receiver coil geometries in ANSYS Maxwell simulation. Calculations were made across 1.0 to 3.0 cm
distance between the transmitter and receiver coils. Results indicate higher power transfer efficiency

for the half-cylindrical geometry with the meandering tail.

Simulation results (Figure 19 and Figure 20) demonstrated the circular coil to have the
lowest quality factor, coupling coefficient, and power transfer efficiency. This is expected as the
circular coil had the lowest surface area for capture of the magnetic field (impacting K) while also
experiencing high resistance as a result of the proximity effect (impacting Q). The elliptical and
cylindrical geometries were closer in outcome due to similar surface area for the capture of the
magnetic field. The elliptical coil geometry demonstrated higher quality factor while the
cylindrical coil demonstrated higher coupling coefficient. Ultimately, the cylindrical coil was
shown to have the highest power transfer efficiency indicating the larger effect of marginal
difference in coupling coefficient in comparison to a marginal difference in the quality factor.
Furthermore, it is important to note that while the quality factor was higher in the elliptical
geometry, it did not necessarily suggest that it would serve as the better receiver coil. This is due
to the impact of bandwidth on adaptability in the case of motion-induced changes in displacement
and misalignment. While the cylindrical coil had a slightly lower quality factor, it also permitted

more leniency in case of these changes.
3.1.6.2. BENCH STUDIES

Upon validation of coil geometries through simulation results, the transmitter and receiver coils
were hand-wound and the circuitry was fabricated on a Printed Circuit Board (PCB). The PCB
was designed on PCBWeb Designer software on a 2-layer 1.6 mm thickness FR-4 TG130 substrate
with 1 oz copper tracings and HASL with lead surface finish. The coils were soldered into the
circuit as shown in Figure 21A. The output of the receiver was fabricated as an open circuit and
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headers were soldered onto the PCB to allow for connection to stimulation electrodes or a
representative resistor for bench studies. The power transfer efficiency with each of the three types
of receiver coils in Figure 17A-C were tested across a range of 20 to 40 mm as shown in Figure
21B. Bench tests were performed with a 500 ohm load using a resistor. This value was selected
based on estimated impedance in a standard impedance pacemaker lead, taking into account the

electrode, tissue-electrode interaction, and tissue in an implanted device.

(B)

Figure 21: Bench Studies Experimental Setup. (A) PCB with transmitter and receiver circuitry,
connected to the transmitter coil (red) and receiver coil (blue) with the output of the receiver system
electrically connected to the anode and cathode of an existing bipolar lead; (B) Coil assessment at

different distances, §.

While the power transfer efficiency invariably diminished in response to an increase in

distance between the transmitter and receiver coils (Figure 22), in all cases, the data indicated that
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the wrapped half-cylindrical coil provided the optimal power transfer efficiency. This was in

alignment with simulation results in Section 3.1.6.1 Simulation Studies.

Power Transfer Efficiency over Distance
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Figure 22: Power Transfer Efficiency over Distance. Assessment of PTE over a distance range of 20
to 40 mm for the three coil geometries demonstrates that the half-cylindrical coil with a meandering
tail is the most efficient receiver coil design. Exponentially decreasing power transmission over

distance minimizes differentiation between the three coils at longer ranges.

Given a transmitter supply of 5 V at 0.20 A (1 W of instantaneous power), the half-
cylindrical receiver antenna was capable of reaching a 2 V voltage amplitude with a 500-ohm load
at >30 mm without misalignment. This is over twice the mean pacing threshold of 0.8 V [65] and
10 mm above the mean displacement between the transmitter and receiver as measured and

discussed in Section 3.1.5. Coil Displacement Measurements.
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3.1.7. COMPARISON OF POWER TRANSFER EFFICIENCY OVER ANGULAR MISALIGNMENTS

The power transfer efficiency with each of the three types of receiver coils in Figure 17A-C were
tested under three additional conditions as shown in Figure 23A-C: (1) x-axis angular
misalignment between coils up to 45 degrees with a distance of 20 mm apart, (2) y-axis angular
misalignment between coils up to 45 degrees with a distance of 20 mm apart, and (3) displacement
misalignment between coils up to 45 degrees with a distance of 20 mm apart. Relative coil
misalignments were examined at a constant displacement of 20 mm based on the mean
displacement between the transmitter and receiver as measured and discussed in Section 3.1.5.

Coil Displacement Measurements.
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Figure 23: Angular Coil Assessment. (A) Coil assessment with x-axis angular misalignment at
angle, a, (B) Coil assessment with y-axis angular misalignment at angle, a, and (C) Coil assessment

with displacement misalignment at angle, a.

Bench tests for the assessment of angular misalignment were performed with a 500-ohm
load using a resistor. As before, this value was selected based on estimated impedance in a standard
impedance pacemaker lead, taking into account the electrode, tissue-electrode interaction, and
tissue in an implanted device.
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Figure 24: X-axis angular misalignment from 0 to 45 degree. The half-cylindrical coil geometry with
the meandering structure provided the optimal power transfer efficiency as compared to the circular

and elliptical configurations.
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Power Transfer Efficiency with Y-Axis Angular Misalignment (%)
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Figure 25: Y-axis angular misalignment from 0 to 45 degree. The half-cylindrical coil geometry with
the meandering structure provided the optimal power transfer efficiency as compared to the circular

and elliptical configurations.
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Figure 26: Displacement misalignment from 0 to 45 degrees. The half-cylindrical coil geometry with
the meandering structure provided the optimal power transfer efficiency as compared to the circular

and elliptical configurations

Given a transmitter supply of 5 V at 0.20 A, the half-cylindrical receiver coil with the
meandering tail was capable of reaching a 2 V voltage amplitude with a 500-ohm load at 20 mm
with 45° displacement misalignment, 20 mm with 45° x-axis angular misalignment, or 20 mm with
45° y-axis angular misalignment. The ability to maintain output power at over twice the mean
pacing threshold of 0.8 V [65] over misalignments that mimiced cardiac motion-induced changes
in transmitter and receiver relative positions revealed a necessary capability for the function of a

cardiac stimulation device.

Furthermore, in both distance and misalignment studies, despite continuous wireless
transmission requiring 1 W of power, intermittent power transmission at 1 Hz and 1 ms pulse width

engendered a power reduction to 1 mW. Also notable is that testing was performed with a 1 ms
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pulse width, as opposed to the commonly performed pulse width of < 0.5 ms, which would further

reduce the power requirement.
3.1.8. EX VIVO EVALUATION OF PACEMAKER FUNCTIONALITY IN PORCINE MODEL

A postmortem study was performed to demonstrate the feasibility of our pacing system in a male
Yucatan miniature pig (S & S Farms, Ranchita, Calif). All animal studies were approved by the
UCLA Office of Animal Research in compliance with the UCLA IACUC protocols. A
thoracotomy was performed to expose the epicardium for external pacing by an experienced
veterinarian from the UCLA Department of Animal and Laboratory Medicine. The transmitter and
receiver coils were aligned and spaced at 20 mm apart. The output of the system was connected to
electrodes of an existing standard impedance bipolar lead (Figure 21A), the St. Jude Tendril SDX
Model 1388T with previously reported short-term ventricular lead impedance of 553+106 ohms
[66]. The lead was fixated into the epicardium of the pig heart near the anterior cardiac vein at the
RV apex. The distal electrode, acting as the cathode, was electrically connected to the fixated helix;

the proximal electrode, acting as the anode, was sutured in place (Figure 27A).

External pacing was initiated immediately post-euthanasia to minimize cellular apoptosis
and release of intracellular electrolytes (Na*, K*, Ca?*). A pacing amplitude of 2 V, pulse width of
1 ms, and heart rate of 60 BPM were delivered via the bipolar lead electrodes. Simultaneous
Electrocardiogram (ECG) recordings allowed for monitoring cardiac rhythm and assessing

pacemaker effectiveness (Figure 27B).
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Figure 27: Porcine Studies Experimental Setup. (A) Implant location of the bipolar lead on the
porcine heart with the cathode at the distal tip fixated via helix into the epicardial wall and the
anode proximal to the cathode in the form of a ring fixated via sutures; (B) ECG lead placement

shown via the blue, red, and black dots.

Based on bench test data of transfer efficiency, the wrapped half-cylindrical receiver coil
with the meandering structure (Figure 17C) was determined as the optimal design for the ex vivo
investigation of the pacemaker. To determine the efficacy of paced cardiac rhythms, we assessed
the surface ECG readings pre-euthanasia, post-euthanasia, and during experimental pacing. Prior
to euthanasia, the ECG exhibited a typical P wave for atrial contraction, QRS for ventricular
depolarization, and T wave for ventricular repolarization (Figure 28A). Post-euthanasia, epicardial
stimulation generated a wide-complex paced rhythm as anticipated for ventricular pacing (Figure
28B-C). During the pacing period, we were able to restore mean arterial blood pressure (MAP)

from 0 to 37 mmHg. Thus, our ex vivo pacing via the wrapped half-cylindrical coil with a
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meandering tail in combination with a remote stimulation control provided sufficient power to

energize a postmortem porcine heart.
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Figure 28: Porcine Studies Experimental Setup and Results. (A) Prior to euthanasia of the animal,
ECG recordings revealed a heart rate of 77 BPM, MAP of 90 mmHg, and normal P, QRS, and T
waves that indicate normal sinus rhythm. (B) After euthanasia and during the pacing period, ECG

recordings revealed a heart rate of 60 BPM and MAP of 37 mmHg. The wide-complex paced rhythm
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indicates successful pacing via the remote-controlled wireless pacing system. (C) Zoomed-in view of
the ECG tracing highlights the pacing spikes that appropriately stimulates ventricular contraction.
When pacing was deactivated, electrical activity was absent as indicated by a flat line on the ECG,
thus supporting the pacer-dependency of the post-mortem animal’s heart and effectiveness of the
remote-controlled pacemaker’s ability to stimulate appropriate electrical activity in the mammalian
heart. (D) Wide-angle image highlights the setup for post-euthanasia pacing of a pig heart

accompanied by simultaneous ECG recording.

3.2. MICRO-PACER TRANSLATION TO PRACTICE

3.2.1. INTRAVASCULAR PACER DESIGN AND FABRICATION

Successful preliminary studies for the designation of the receiver and transmitter coil geometry
were followed by fabrication of the microscale pacer system in its intended form-factor for

intravascular deployment and implantation.

The transmitter (Tx) coil geometry was maintained as previously demonstrated. The
diameter of 40 mm was guided by current pacemaker pulse generator size and the planar design
was guided by the desire to reduce the aesthetic impact on the patient by using minimal thickness
(0.57 mm); the transmitter circuitry was, however, enlarged by 15-fold to facilitate experimental
handling (Figure 30A). The complete transmitter system was embedded in polydimethylsiloxane

(PDMS) for insulation against water.

The receiver (Rx) coil geometry was slightly modified in order to allow for packaging into
a 3 mm diameter hollow tubing. The primary design as a half-cylindrical coil with a meandering
tail was maintained as a means to optimize power transfer efficiency in a highly constrained
position that experiences changes in alignment with respect to the transmitter. The changes in
geometry were as follows:
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1. The number of turns in the circular portion of the coil was increased from 4 turns to 5 turns.

2. The length of the turns with respect to the length of the meandering tail was increased.
Specifically, in the original design, the 15 mm length of the full coil consisted of 8 mm
from the circular turns and 7 mm from the meandering tail. In the second-generation
device, the 15 mm length of the full coil consisted of 10 mm from the circular turns and 5
mm from the meandering tail.

3. Magnet wire was utilized instead of polytetrafluoroethylene wire. Magnet wire has a very
thin layer of insulation, such that the turns of the coil were separated by air and epoxy

instead of the insulation material.

The PCB was designed on PCBWeb Designer software and printed on a 2-layer 0.13 mm
thickness flexible polyimide substrate with 1 0z copper tracings and immersion gold surface finish
(Figure 29). The components were soldered onto the PCB and the electrodes were surface treated

with a layer of platinum for optimal contact impedance with the tissue.

(A)

(B)

Figure 29: PCB Design. (A) Top layer of the PCB with five components and two circular electrodes.

(B) Bottom layer of the PCB with four components.
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The receiver coil was soldered onto 0.35 mm through-holes on the edge of the flexible
PCB. The combined coil and circuitry were lubricated with oil and inserted into a 9 Fr catheter (3
mm diameter) consisting of natural polyetheretherketone 381G material (inner diameter of 0.118
inch, outer diameter of 0.128 inch). The surface of the electrical components was covered with
PDMS for insulative encapsulation against water. The final packaging was a hollow cylindrical
configuration as shown in Figure 30B. The hollow configuration of the internal components
allowed for blood flow through the pacer and for fixation analogous to a stent. Finally, the
stimulation electrodes were folded to the outside of the PEEK catheter to allow for contact with

tissue (Figure 30C). The electrodes were connected to the tubing using epoxy.

The two-coil device was thus configured for the designated implant locations for the
transmitter and receiver based on the three criteria for: (1) minimal distance between the
communicating components, (2) ease of deployment, (3) minimal impact by complications such

as stenosis of the selected vessel.
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Figure 30: Fabricated Device. (A) The subcutaneous component consists of a planar transmitter (Tx)
coil of 40 mm diameter (black enclosure) that is connected to the transmitter circuitry with black
headers to allow for connection to the power supply. (B) The pacer component consists of a cylindrical
receiver coil measured at 3 x 3 x 15 mm that is connected to the receiver (Rx) circuitry. (C) The pacer
stimulation electrodes are electrically connected to the receiver circuitry and externally positioned to

allow for direct contact with cardiac tissue.

3.2.2. ASSESSMENT OF WIRELESS TRANSFER RANGE

To determine the range of function for the miniaturized pacer, we placed the transmitter and
receiver at varying distances apart and with different degrees of misalignment. The average
distance between the two implant positions (subcutaneous for the transmitter and inside the ACV
for the receiver) was set to 20 mm as demonstrated in Section 3.1.5. Coil Displacement

Measurements [55]. We thus examined wireless power transfer capacity at distances of 10 mm to
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30 mm between the transmitter and receiver. Due to myocardial contractility, the angle between
the two components also varies over the cardiac cycle. Thus, we measured up to 45° misalignment
in four directions: (1) horizontal x-axis misalignment, (2) horizontal y-axis misalignment, (3)

vertical x-axis misalignment, and (4) vertical y-axis misalignment (Figure 31).

Figure 31: Misalignment Assessment. (A) Coil assessment with horizontal x-axis angular
misalignment at angle, a, (B) Coil assessment with horizontal y-axis angular misalignment at angle,
a, (C) Coil assessment with vertical x-axis misalignment at angle, a, and (D) Coil assessment with

vertical y-axis misalignment at angle, o.

All of the measurements were performed with a segment of bovine tissue that included
bone, muscle, adipose, and connective tissue, placed between the transmitter and receiver coils
(Figure 32). We compensated for the change in distance between the components via the addition

or removal of layers of swine muscle tissue (which has the greatest level of absorption due to its

dielectric properties).
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Figure 32: Benchtop Experiments for Miniature Pacer. Photo of experimental setup for benchtop
analysis of power transfer efficiency over various distances and misalignments levels. A segment of
bovine tissue containing a mixture of muscle, adipose, and bone was placed in between the two coils

to mimic the environment of the body.

Output voltage was compared against the mean pacing amplitude of 0.80 V [65] (dotted
line at the upper boundary of the red zones in Figure 33, Figure 34, and Figure 35) and maximum
potential amplitude of the market-released leadless pacemaker at 5 V [13] (dotted line at the upper
boundary of the green zones in Figure 33, Figure 34, and Figure 35). To evaluate the potential
safety margin for the proposed system, we defined four conservative conditions for testing the

wireless pacer:
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(1) With pacing durations typically established between 0.2 ms to 1 ms, we elected a 1 ms
pulse duration to examine the maximum total power consumption. This power
consumption can be reduced up to 80% with a shorter pulse duration (< 1 ms).

(2) In the setting of short intermittent pulse delivery, Specific Absorption Rate (SAR) can be
reduced to significantly below the limits set by the Federal Communications Committee
(FCC) [38]. We performed our studies using 1.26 W of instantaneous power, equivalent to
a low average input power of 1.26 mW as a result of the 1 ms pulse width. The pacer has
the potential for a higher voltage amplitude at the stimulating electrodes by increasing this
input power.

(3) Cardiothoracic Magnetic Resonance Images (MRI) have demonstrated a mean distance of
20 mm between the location of the subcutaneous transmitter (Tx) in the anterior chest, and
the location of the pacer (Rx) in the ACV (Section 3.1.5. Coil Displacement
Measurements) [55]. The distance between the Tx and Rx was examined at 10 mm greater
than the mean anatomical displacement to assess safety margins. As power transfer
efficiency (PTE) decreases exponentially over distance, a 30 mm Tx-to-Rx separation
demonstrates the extent of the positional safety margin with the given parameters.

(4) To demonstrate the effect of cardiac motion, we simulated Tx-to-Rx misalignment at up to
two-fold the angular change measured throughout a cardiac cycle in our MRI-Phantom
studies. This wide-range analysis allowed for the assessment of the angular safety margin

available in the designed pacer.

As expected, and as shown in Figure 33B, output voltage decreased significantly over
increasing distance. However, the voltage remained above the 5 V maximum pacing threshold at

the mean 20 mm distance from MRI measurements and continued to remain above the 0.8 V
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average pacing threshold at up to 10 mm above the estimated distance between the transmitter and
receiver implant positions. This is important as it establishes a safety margin for variations in

patient anatomy.

(A) (B)
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Figure 33: Benchtop Experiments for Displacement Assessment. (A) A schematic of the experimental
configuration illustrates the transmitter and receiver position across a segment of bovine tissue. (B)
Output voltage decreased as the displacement between the transmitter and receiver, 8, increased
from 0 to 30 mm at 6 = 20 mm and & = 30 mm. Output voltage was compared against the average
pacing amplitude of 0.80 V (dotted line at the upper boundary of the red zones) and maximum
potential pacing amplitude of the market-released leadless pacemaker at 5 V (dotted line at the upper

boundary of the green zones).

In addition to maintaining sufficient pacing threshold over an effective range, due to
potential variability in implant position as well as changes in angular alignment over the course of
the cardiac cycle, it was important that voltage output would also be maintained against changes

in misalignment. At 20 mm mean displacement and up to 20° of horizontal or vertical
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misalignment, the intravascular pacer consistently achieved a pacing amplitude > 5 V (Figure 34
and Figure 35). The amplitude remained above the mean pacing threshold of 0.80 V in nearly all
combinations of displacement and misalignment, except for horizontal misalignments > 40°. At a
displacement of 30 mm (10 mm above the mean), the pacing amplitude remained more than twice

the mean amplitude of 0.80 V in all cases except for horizontal misalignments > 20°.

(A) (B)
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Figure 34: Benchtop Experiments for Vertical Misalignment Assessment. (A) Output voltage
fluctuated in response to x-axis vertical misalignment, a, ranging from 0 to 45 degrees at 6 = 20 mm
and 6 = 30 mm. (B) Output voltage fluctuated in response to y-axis vertical misalignment, a, ranging
from 0 to 45 degrees at 6 =20 mm and 8 = 30 mm. Output voltage was compared against the average
pacing amplitude of 0.80 V (dotted line at the upper boundary of the red zones) and maximum

potential pacing amplitude of the market-released leadless pacemaker at 5 V (dotted line at the upper

boundary of the green zones).
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Figure 35: Benchtop Experiments for Horizontal Misalignment Assessment (A) Output voltage
decreased in response to x-axis horizontal misalignment, o, ranging from 0 to 45 degrees at 6 = 20
mm and 8 = 30 mm. (B) Output voltage decreased in response to y-axis horizontal misalignment, o,
ranging from 0 to 45 degrees at 4 =20 mm and 8 = 30 mm. Output voltage was compared against the
average pacing amplitude of 0.80 V (dotted line at the upper boundary of the red zones) and
maximum potential pacing amplitude of the market-released leadless pacemaker at 5 V (dotted line

at the upper boundary of the green zones).

Also notable is the non-linear relationship between vertical misalignment and voltage
amplitude, where power transfer efficiency increased with some degrees of misalignment. This
angular adaption is an important characteristic of the designed receiver coil of the pacer unit. The
bending of the circular planar loop into the z-axis generates a diagonal capture of the magnetic
field; thus, negating the power losses from changes in angular misalignment (Figure 36). Notably,
in accordance with the illustrated magnetic field lines, this wrapped receiver geometry primarily
impacted vertical misalignment as opposed to horizontal misalignment. This phenomenon is also

demonstrated in Figure 34 and Figure 35, in which output voltage fluctuations were shown to be
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present in vertical misalignment, but not in horizontal misalignment. Furthermore, power transfer
efficiency followed this same pattern, with vertical misalignment maintaining a high output
threshold at up to 45° misalignment. Finally, this advantage was supplemented by the coil’s hollow

shape to allow for blood flow through the cylindrical pacer unit.

(A) (B)

Figure 36: Comparison of Circular vs. Wrapped Half-Cylindrical Coil Geometry (A) The effect of B-
field (red arrows) capture is shown with a planar circular receiver coil in the presence of absence of
misalignment. (B) The effect of B-field (red arrows) capture is shown with a half-cylindrical receiver

coil in the presence of absence of misalignment.

3.2.3 SIMULATING PACING FUNCTION ACROSS A CARDIAC CYCLE

We analyzed 4-dimensional (3-dimensions + time) coronal magnetic resonance images (MRIs) of
the thorax through a cardiac cycle to determine the relative motion between the implanted
transmitter and receiver components. The transmitter, to be implanted in the thoracic cavity
anterior to the ribs and sternum, was simulated as an immobile object. The receiver position was
simulated by inserting a phantom object in the MRI slices at the location of the ACV (Figure 37).
We adjusted the size of the phantom to the nearest voxel size relative to the actual device size,

resulting in a rectangular phantom object of size 4.14 x 3.60 x 21.31 mm.
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Figure 37: Cardiac Cycle MRI Analysis. (A)-(C) Three layers of coronal MRI slices shown on the left
with corresponding “pacer” phantom placements across the three slices on the right to represent the

pacer object thickness overlapping with its predicted position in the ACV.

Next, we created four versions of the 3-D phantom image, each containing a red marking
in one of the four corners on the larger surface (4.14 x 21.31 mm) of the phantom. These markers

served as representative landmarks of the surface of the phantom that would have the greatest
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contact with the epicardium. As previously described [67], deformable image registration (DIR)
was applied on each time point of the 4-D thoracic MRI to generate 3-D displacement fields that
represented the instantaneous cardiac motion at discrete time points in the cardiac cycle. To
simulate the moving phantom at any given time point, the 3-D phantom image of the previous time
point was transformed using the 3-D displacement field that was calculated for the given time
point. Thus, a 4-D phantom image was generated for each marked version of the original 3-D

phantom to simulate its motion throughout the cardiac cycle.

To spatially track the landmarks over time, we first extracted the red color spectrum from
each marked 4-D phantom image. In each 3-D image of each 4-D phantom image, we determined
the 3-D location of the landmark by calculating the weighted average of non-zero pixel, using the

pixel intensities as the weights. The resulting output was four 3-D points in each time point

representing four corners of the phantom in a single averaged slice (Figure 38).

Figure 38: Phantom Tracing Method. The location of the red landmarks was calculated by taking
the average of their position to create a 2-D version of the object. The centroid and normal vector

were then computed based on the averaged red marks that represented the four corners.
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Next, we computed the centroid of the four points in each time point to trace the changing
3-D position of the phantom relative to the initial position. We also calculated for the normal vector
to the four points in each time point to trace the changing angular alignment of the phantom relative

to the initial time point (Figure 38).

We started simulating the device motion effects by first modeling the transmitter and
receiver coils in Solidworks software (outlined in red in Figure 39A). The transmitter was modeled
with 18 circular turns of a 23 AWG wire with spacing equivalent to the wire diameter, resulting in
an inner diameter of 10 mm and outer diameter of 40 mm. The receiver was modeled with 5 circular
turns of a 30 AWG wire with spacing equivalent to the wire diameter connected to a meandering
tail, all of which was folded into a half-cylindrical shape with a diameter of 3 mm and length of
15 mm. Next, we imported the components into ANSYS Maxwell simulation software and
positioned them at an initial mean distance of 20 mm apart. The position and angle of the receiver
in each frame was adjusted based on computed centroid position and normal vector of the phantom

from the MRI tracings.

Using the Eddy Current solver in ANSYS Maxwell, we simulated the magnetic (B) field,
inductance, resistance, and coupling coefficient resulting from the 13.56 MHz alternating current
in the transmitting coil and its impact on the receiving coil. The simulation profile was established
with Current Excitation in the transmitter and receiver with a 90-degree phase shift in the receiver
AC current. The meshing was set up as described in Section 3.1.6.1 Simulation Studies. An air
box geometry of size 500 x 500 x 500 mm with a Radiation boundary was created to surround the

transmitter and receiver coils. Convergence was established with a 2 percent error.

The coils’ internal resistance and inductance as well as the coupling coefficient between

the interacting components were computed by the solver and imported into PSPICE Electronic
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Circuit Optimization & Simulation software. We simulated the circuit of Figure 39A with a 1000-
ohm load, which is the impedance of a typical high-impedance pacemaker stimulation lead
electrode. We measured the voltage across the load in the receiver given an instantaneous input
power of 1.26 W to the transmitter (equivalent to 1.26 mW of power consumption using 1 ms pulse

duration and 60 BPM heart rate).

(A)

Anterior

Figure 39: Circuit and Coil Design. (A) Transmitter and receiver circuit design. Highlighted in the
green box is the control circuitry that determines pacing rate, rhythm, and level of power input.
Highlighted in red are the transmitter and receiver coils as positioned in the circuit as well as their
structure. (B) Anatomical position of the subcutaneous transmitter in blue and intravascular receiver

in yellow, depicted on a sagittal section of a human MRI.

The results of the phantom tracing throughout the cardiac cycle for the determination of
the relative motion (position and angle) between the subcutaneous transmitter and pacer unit can

be seen in Figure 40A-i-ix.
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Figure 40: Cardiac Cycle Simulation Experiments. (A) Each box represents a single time frame in
the cardiac cycle in (i)-(ix). Cardiac contraction and consequential pacer positional and angular
motion are shown in the schematic on the left inset. Stimulation of the interaction between the
transmitter and receiver coil is demonstrated by the magnetic field shown on the right inset. (B)

demonstrates a zoomed-in view of the events in box (ix).
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The magnetic field (B) generated from the AC excitation in the transmitter coil was
determined over nine time points in the cardiac cycle (right inset of Figure 40A-i-ix). Inductive
power transfer simulations at the end of systole (Figure 40A-i) and diastole (Figure 40A-iv)
demonstrated sufficient power transfer at the two spectra of the cardiac cycle. The change in pacer
position compared to the initial time frame and the resulting B-field interaction between the pacer
and its transmitter (enhanced in zoomed-in view in Figure 40A-X) revealed the effect of cardiac
contraction-mediated transmitter-receiver interaction. The maximum difference in field potential
was observed when the pacer was in the red region of the B-field (B = 0.0001 T) (Figure 40A-vi),

as compared to the green region (B = 0.00005 T) (Figure 40A-i).

The outcome of the B-field strength was demonstrated in terms of the change in coupling
coefficient (Figure 41A), which directly correlates with power transfer efficiency (Figure 41B).
PTE directly affects the output voltage, which remained above the peak voltage capacity of 5V
throughout the recorded cycle (Figure 41C). The capacity to deliver short intermittent pulses
allowed us to maintain this threshold with low power consumption and tissue absorption despite

the low PTE ranging from 2.7% to 7.6%.
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Figure 41: Cardiac Cycle Simulation Results. (A) Computed coupling coefficient over the nine

captured frames of the cardiac cycle. (B) Computed PTE over the nine captured frames of the cardiac
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cycle (C) Computed maximum potential voltage threshold over the nine captured frames of the

cardiac cycle given an average input power of 1.26 mW.

Similar to the bench experiments, small vertical misalignments engendered an increase in
the coupling coefficient and, therefore, in power transfer efficiency and output voltage (Figure
41A-C). Also, although pacing occurs only once per cycle, our simulation experiments established

the fundamental capacity to maintain sufficient power transmission throughout the cardiac cycle.

Finally, we computed SAR using the simulated E-Field in ANSYS Maxwell as needed for

Equation (12):

GAR = oE? (12)
p

where ¢ is the electrical conductivity of the tissue and p is the mass density of the tissue.

Notably, SAR remained significantly below the FCC safety limits. The electric (E) field
strength at peak coupling (Figure 42A) was computed to determine maximum tissue absorption.
Based on peak E-field strength (Figure 42A), conductivity values, and density values (Figure
42B), maximum absorption at 1.26 mW of input power was computed as 0.07 W/kg. This was
nearly 23 times less than the FCC safety limit of 1.6 W/kg. For this reason, the simulations
established a basis for complying with the SAR safety standards while maintaining the capacity to
increase input power to the intravascular pacer in the setting of anatomical variations that deviate

significantly from the mean MRI-based measurements.
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Figure 42: Simulation and Data for SAR Calculations. (A) Electric field simulation of Frame 5 of the

cardiac cycle at which time point maximum coupling was observed and thus the largest E-field would
be present. (B) Various tissue conductivities and densities, which, in combination with the Electric
field, determine SAR. The combination generated by muscle tissue would result in the highest

absorptions levels.

3.2.4. EX VIVO PACING OF PORCINE HEART

As part of the next validation step, we performed ex vivo experiments on male Yorkshire pigs (>50
kg, >14 weeks age, n=4). All animal studies were approved by the UCLA Office of Animal
Research in compliance with the UCLA IACUC protocols. The pigs were anesthetized with
intramuscular Ketamine and Midazolam. Fentanyl was given for pain control during surgery. 1-
3% isoflurane was given to maintain general anesthesia for the duration of the procedure. A 6F
introducer sheath was inserted percutaneously using the Seldinger technique into the right or left
femoral artery to monitor blood pressure. Bupivacaine and Lidocaine was injected SC in the chest.
A midline sternal incision was made to access the thorax and was widened using rib spreaders to

expose the heart. The pericardium was incised to access the heart.

The animal was euthanized using a combination of pentobarbital and phenytoin. We then

inserted the device via an incision made in the anterior cardiac vein downstream the implant
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position. The intravascular pacer was inserted into the vessel through the opening. We positioned
the wireless power transmitter at 20 mm distance to the intravascular pacer. Pacing was initiated
at a rate of 60 BPM immediately post-euthanasia to minimize cellular apoptosis and release of

intracellular electrolytes. EKG readings were observed and recorded to examine pacing function.

A schematic of the deployment of the proposed intravascular pacer (Figure 43B) illustrates
the accessibility of the coronary sinus similar to that of current pacemaker leads for left ventricular

(LV) pacing (Figure 43A).

(B)

Anterior
Jo1i33s0d

Implanted
Intravascular Pacer
in Swine Heart

Figure 43: Comparison of Device Access Point (A) A schematic of the deployment of current
pacemaker leads (dotted lines). (B) The upper panel depicts the deployment of the proposed
intravascular wireless pacer (yellow lines). The lower panel shows the Yorkshire heart with the

proposed pacer deployed to the ACV as indicated by the arrow.

The deployed pacemaker into the ACV of Yorkshire pig hearts can be seen in the
anatomical photo of Figure 43B. Pacing was initiated via the wirelessly powered intravascular

pacer at 60 BPM immediately post-euthanasia to minimize the effects of cell death.
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In comparison with the normal resting rhythm at 75 BPM with P, QRS, and T waves
(Figure 44A), the electrocardiogram of artificial pacing demonstrated the paced wide QRS
complex rhythm (Figure 44B). Once power transmission was terminated from the subcutaneous
control unit (Figure 39A) and, ultimately the wireless pacer unit, the EKG tracing was converted
to a flat-line (shown as the green region in Figure 44B), supporting the pacer-dependence of the

euthanized pig heart.

E A e e K A
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Figure 44: Ex Vivo Animal Experiments. (A) EKG demonstrates normal sinus rhythm with P, QRS,
and T waves. (B) EKG of Yorkshire pig post-euthanasia demonstrates wide-QRS complex rhythm
with pacing spikes at the set rate of 60 BPM. Upon termination of pacing, the EKG flat line supports

the pacing-dependent rhythm post-euthanasia.

3.2.5. IN VIVO PACING OF PORCINE HEART

We performed in vivo experiments on male Yorkshire pigs (>50 kg, >14 weeks age, n=2). All
animal studies were approved by the UCLA Office of Animal Research in compliance with the
UCLA IACUC protocols. The pigs were anesthetized with intramuscular Ketamine and

Midazolam. Fentanyl was given for pain control during surgery. 1-3% isoflurane was given to
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maintain general anesthesia for the duration of the procedure. A 6F introducer sheath was inserted
percutaneously using the Seldinger technique into the right or left femoral artery to monitor blood
pressure. Bupivacaine and Lidocaine was injected SC in the chest. A midline sternal incision was
made to access the thorax and was widened using rib spreaders to expose the heart. The
pericardium was incised to access the heart. A small incision was made in the distal end of the
vessel. A dilator was used to improve delivery into the vessel. It is important to note the challenge
in placing the 3 mm diameter pacer inside the pig vessel due to (1) the contraction of the heart
during in vivo placement, and (2) the size of the pig vessel being smaller than that of humans, thus

making implantation more difficult.

The intravascular pacer was inserted into the ACV through the incision (Figure 45A-C).
We positioned the transmitter against the chest wall at a distance ranging from 15 to 18 mm
(Figure 45D). Pacing was initiated at a rate of 120 BPM to override the resting heart rate of the

animal. EKG readings were observed and recorded to examine pacing function.
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Figure 45: In vivo experimental setup. (A) arrow points to ACV, (B) arrows points to insertion

position of the pacer, (C) arrow points to partially inserted pacer, and (D) arrow points to tail end of

pacer during pacing with transmitter at 15 to 18 mm above the pacer against the anterior chest wall.

Once the pacing device was deployed to the ACV of the contracting porcine heart, the
normal sinus rhythm was overridden by setting the artificial pacing rate above the resting heart
rate at 120 BPM. This pacing rate was controlled by modulating the power output of the
subcutaneous unit (transmitter) without the requirement of a programming unit inside the pacer
(receiver). In comparison to the normal resting rhythm at 75 BPM with P, QRS, and T waves
(Figure 46A), upon initiation of inductive power transfer, the fast rhythm (120 BPM) of artificial

75



pacing was observed with visible pacing spikes and wide QRS complex rhythm (Figure 46B).
Upon termination of pacing, this rhythm converted to the normal sinus rhythm (shown as the green

region in Figure 46B).
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Figure 46: In Vivo Animal Experiments. (A) EKG demonstrates normal sinus rhythm with P, QRS,
and T waves. (B) EKG of Yorkshire pig undergoing in vivo pacing of at 120 BPM using the proposed

wireless pacemaker. Rhythm returned to normal sinus rhythm once pacing was terminated.

As a demonstration of the changes resulting from the implementation of the proposed
pacemaker, chest radiographs of a lead-based device implant (Figure 47A) and the proposed
leadless pacer (Figure 47B) are shown. The comparison x-rays reveal the pacer’s significant
reduction in surface area and volume, which may help reduce infection in addition to the

mechanical advantages incurred from an externally positioned pacer.
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Figure 47: Comparison of Chest Radiographs. (A) X-ray image of current leads deployed to the
cardiac chambers in a human [P2]. (B) X-ray image of the proposed wireless pacer as positioned in

the ACV of a Yorkshire heart.
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4. WIRELESS POWER TRANSFER IN CHARGING SUB-SYSTEM

4.1. ColL DESIGN OPTIMIZATION

4.1.1. SIMULATION STUDIES

The external unit of the Charging Sub-System (CSS) is the primary source of power in our multi-
level system and encounters the least constraints. The transmitter coil design of this unit was
primarily defined by practical size and weight limits of a wearable chest strap. This was set to a
maximum volume of 100 mm x 100 mm x 10 mm. The subcutaneous unit, shared between the
CSS and SSS, determined the constraints of the CSS receiver coil. Similar to the transmitter coil
of the SSS, the receiver coil of the CSS was designed as a planar coil to minimize thickness with
a maximum diameter of 40 mm. The operating frequency was set to 6.78 MHz and the power
transfer range was set to 25 mm, based on the previously measured mean anatomical distance

between the surface of the skin and the sternum [68].

These constraints were implemented in a Monte Carlo simulation for examining all
potential combinations to determine the optimal conditions that would result in the highest power
transfer efficiency. The variables of the system were defined with a uniform distribution based on

the aforementioned conditions as shown in Table I1I.
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Table I1: Variables for determining optimal design and performing sensitivity analysis for the

transmitter (Tx) and receiver (Rx) coils of the CSS.

Variable Variable Symbol Distribution

Tx Wire Gauge G1 10 AWG - 38 AWG
Tx Inner Radius Ri1 3 mm to 50 mm

Tx Outer Radius Ro,1 3 mm to 50 mm

Tx Height Hi 1 mm to 10 mm

Rx Wire Gauge G2 18 AWG - 38 AWG
Rx Inner Radius Ri2 3 mm to 20 mm

Rx Outer Radius Ro,2 3 mm to 20 mm

The variables were iteratively inserted into a series of functions to arrive at the output of

PTE, as defined by Equation (13) [37]:

k?Q:1Q2, Q2

= ) 13
7 1+ k2Q:Q2, Qy 13)

where k is the coupling coefficient, Q1 is the quality factor of the transmitter coil, Q- is the quality

factor of the receiver coil, Q,;, = Q,Q,/0Q, + Q.,and Q, = Rypqa/27fL,.

The coupling coefficient is independent of the operating frequency but highly dependent
on coil geometry and the relative position of coils [37]:
rirs

k= 3 cos(0) (14)

Vi, (ViZ + D?)
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where r1 is the diameter of the transmitter, r» is the diameter of the receiver, D is the distance

between the transmitter and receiver, and @ is the misalignment angle.

The quality factor of the coils can be determined using Equation (15) [57]:

Ress

where f is the operating frequency, L is antenna inductance, and Res is the effective ohmic losses.

To find Resr at our selected operating frequency, we must first begin with the DC resistance

of the coil, as defined by Equation (16) [57]:

[
Ry = —— 16
DC O_T[a,z ( )

where | is the length of the coil, o is the electrical conductivity of the tissue, and a is the radius of

the wire.

We further analyze the ohmic losses by taking into account the impact of alternating current
on coil resistance. AC resistance of a coil is impacted by two main factors. The first is the skin
effect, which results in the primary distribution of current density to the surface of the current-
carrying conductor. This results in an effective reduction in the cross-sectional area through which
current travels, thus ultimately increasing resistance. Dowell presented an estimation for this effect
by transforming the turns of a coil into an equivalent foil (Figure 48D). The AC resistance of the

coil for each “foil” layer as a result of skin effect is then defined by Equation (17) [69]:

sinh 2¢’ + sin ZE’) 17

Ryc = Rpcé’
Ac pcé <cosh 28" —sin 2&’
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where ¢’ is defined by Equation (18):

& =&/ (18)

Na
_ 19
= (19)
and ¢ is defined by Equation (20):
§=4d/6 (20)

where skin depth, 8, is defined by Equation (21):

1

o= VTtf tholtrO @)

where N is the number of turns in the coil, a is each square width, b is the window width, d is the
wire diameter, o is the permeability of the surrounding material, and p is the permeability of the

conductor material.

The second factor impacting coil AC resistance is the proximity effect, which is a result of
further redistribution of current as a result of the presence of a nearby current-carrying conductor.
Using the Dowell method, the AC resistance for the mth “foil” layer as a result of the proximity

effect can be computed using Equation (22) [69]:

2 , sinh 2&' — sin 2¢’
Ryc = §RDCE (m* - 1) ( >

cosh 2§’ + sin 2&’ (22)

The resistance of the full length of the coil is then defined by Equation (23):
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M
Ryc = Z Racm (23)
m=1

where M is the total number of layers.

(A) (B)

[ ]

Figure 48: Transmitter Coil Geometries. (A) Planar circular coil with N-turns, (B) multi-layer
circular coil with a single turn. (C) Multi-layer circular coil with N-turns. (D) Conversion of turns of
coils into an equivalent foil layer, where the red boxes in (A)-(C) represent each of the multi-turn

layers that are converted into an equivalent foil layer.

The inductance of each coil was calculated based on the coil geometry. Three potential
transmitter coil geometries were examined for this study: (1) planar circular coil with N-turns, (2)
multi-layer circular coil with a single turn, and (3) multi-layer circular coil with N-turns (Figure

48A-C, respectively).
The inductance for a planar circular coil with N-turns (Figure 48A) can be estimated using
Equation (24) [70], [71]:

")

8(0E )+ 110, - 1)

0.3937) (N *
! ) ( uH (24)
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and the inductance for a multi-layer circular coil with a single turn (Figure 48B) can be estimated

by Equation (25) [70], [71]:

(riN)Z

= H 25
2297, + 25.4h 1 (25)

and the inductance for a multi-layer circular coil with N-turns (Figure 48C) can be estimated by

Equation (26) [70], [71]:

_ 2
(0.31) (N« ”—rff)
L= 2 H (26)
T+ H
6("5-2) + 9 + 10(r, — 1)

where 7; is the inner coil radius (cm), 7, is the outer coil radius (cm), h is coil height (cm), a is

wire diameter and spacing between turns, and

1

N=- (% + 1) for a planar circular coil with N-turns

N = %(Z) for a multi-layer circular coil with a single turn

_ l To—Ti E ;- . . . .
N = " (—a + 1) (a) for a multi-layer circular coil with a single turn

Using the variable and function definitions above:

e 147,377,664 total combinations were produced, with
e 9,664,704 combinations for a planar circular transmitter coil with N-turns,
e 24,204,096 combinations for a multi-layer circular transmitter coil with a single turn, and

e 113,508,864 combinations multi-layer circular transmitter coil with N-turns.

83



The receiver, limited to the confined of the subcutaneous unit, was only simulated as a

planar circular coil with N-turns.

The optimal scenario for each coil design is shown in Table 111, with the most optimal
design being a multi-layer circular transmitter coil with N-turns in combination with the planar

circular receiver coil with N-turns (Figure 49).

Table I11: Optimal design variables for the transmitter (Tx) and receiver (Rx) coils

Tx Coil Type Planar, N-Turns Multi-Layer, Single Turn | Multi-Layer, N-Turns
Tx Wire Gauge 10 AWG 10 AWG 38 AWG

Tx Inner Radius 10.00 mm 45.00 mm 9.000 mm

Tx Outer Radius 33.31 mm 47.59 mm 36.90 mm

Tx Height 2.590 mm 10.36 mm 9.000 mm

Rx Coil Type Planar, N-Turns | Planar, N-Turns Planar, N-Turns

Rx Wire Gauge 19 AWG 19 AWG 28 AWG

Rx Inner Radius 8.000 mm 8.000 mm 3.000 mm

Rx Outer Radius 19.83 mm 19.77 mm 19.32 mm
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Figure 49: Optimal CSS Coil Designs. (A) Optimal planar coil with N-turns design for the CSS

receiver coil. (B) Optimal multi-turn coil with N-turns for the CSS transmitter coil.

Furthermore, the correlation between each variable and PTE was independently plotted.
To perform this analysis for each of the three coil designs, all variables, except the variable of
interest, were kept constant. The resulting PTE was then plotted against the variable of interest.
This process was repeated for up to 1000 random samples, and then normalized and averaged over
the selected samples. These normalized values were then plotted for each transmitter coil design
as shown in Figure 50, Figure 51, and Figure 52 to demonstrate correlations between each

variable and PTE.
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Figure 50: Variable correlations vs. PTE for Planar with N-Turns transmitter (Tx) coil and Planar
with N-Turns receiver (Rx) coil (A) Tx gauge, (B) Rx gauge, (C) Tx inner radius, (D) Rx inner radius,
(E) Tx outer radius, (F) Rx outer radius at gauge set to 0.0001, (G) Rx outer radius at gauge set to

0.000287, (H) Rx outer radius at gauge set to 0.000910
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Figure 51: Variable correlations vs. PTE for Multi-Layer with Single Turn transmitter (Tx) coil and
Planar with N-Turns receiver (Rx) coil (A) Tx gauge, (B) Rx gauge, (C) Tx inner radius, (D) Rx inner
radius, (E) Tx height, (F) Rx outer radius at gauge set to 0.0001, (G) Rx outer radius at gauge set to

0.000287, (H) Rx outer radius at gauge set to 0.000910
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Figure 52: Variable correlations vs. PTE for Multi-Layer with N-Turn transmitter (Tx) coil and
Planar with N-Turns receiver (Rx) coil (A) Tx gauge, (B) Rx gauge, (C) Tx inner radius, (D) Rx inner
radius, (E) Tx height, (F) Tx outer radius, (G) Rx outer radius at gauge set to 0.0001, (H) Rx outer

radius at gauge set to 0.000287, (1) Rx outer radius at gauge set to 0.000910

As shown in the correlation plots:

e For changes in transmitter wire gauge, while there is a noticeable trend between
wire gauge and PTE, the correlation could not be clearly modeled to a function for

any of the three coil geometries.

e For changes in receiver wire gauge, despite variations in transmitter geometries,

the correlation remained logarithmic for all three coil geometries.

e For changes in transmitter inner radius, the planar coil with N-turns geometry and
the multi-layer coil with N-turns geometry had the same second-order polynomial
correlation, but the multi-layer coil with a single turn followed a logarithmic

function.

e For changes in receiver inner radius, the system primarily followed a second-order
polynomial function for all three coil geometries; however, an outlier was present
when the inner radius was very small. This outlier may be a result of increased

parasitic capacitance.

e For changes in transmitter height, the correlation was primarily logarithmic for
both coil geometries (note: the planar coil with N-turns geometry did not have

height correlation analyses).
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e For changes in transmitter outer radius, a logarithmic function was again most
fitting of the data (note: the multi-layer coil with single-turn geometry did not have

outer radius correlation analyses).

e For changes in the receiver outer radius, the correlation was primarily logarithmic
with some minor variations between the three coil geometries. An interesting note
for the receiver inner radius was the change in the correlation as a result of changes

in transmitter wire gauge.

Finally, a sensitivity analysis was performed to determine the variable that resulted in the
highest impact on PTE. The sensitivity was computed by calculating the mean of the variance
between each data point in the normalized datasets. As shown in Table 1V, the receiver geometry
plays a larger role than the transmitter geometry, with the wire gauge being most important. The
importance of the receiver is expected, based on the larger role of its properties on PTE as shown
in Equation (13). Furthermore, as also seen in the correlation plots of Figure 50, Figure 51, and
Figure 52, wire gauge was shown to impact sensitivity of the receiver outer radius on PTE. As the
diameter of the wire decreased, the sensitivity of outer radius on PTE decreased. This effect may
be due to the increasing effect of number of turns and coil resistance relative to the impact of coil
surface area on PTE. This phenomenon can play a large role in design parameters where there are

limitations on the size of the receiver coil.

In the case of the multi-layer coil with N-turns, the transmitter geometry was uniquely
shown to have a larger impact on PTE than receiver geometries, with the outer radius revealed to
have the largest sensitivity on PTE. This effect may be as a result of the large number of turns
possible in the multi-layer coil with N-turns, leading to a largely increasing inductance that

overcomes other variable effects.
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Table IV: Mean variance between each data point in the normalized dataset demonstrating the

sensitivity of change in PTE as a result of change in the selected variable

Tx Coil Type Planar, N-Turns | Multi-Layer, Single Turn | Multi-Layer, N-Turns

Tx Wire Gauge | 0.0301 0.0013 0.0396

Tx Inner Radius | 0.0041 0.0037 0.0014

Tx Outer Radius | 0.0379 N/A 0.1155

Tx Height N/A 0.0880 0.0160

Rx Wire Gauge | 0.1057 0.1037 0.1030

Rx Inner Radius | 0.0647 0.0526 0.0540
0.0037 0.0033 0.0074
[G2=38 AWG] | [G2=38 AWG] [G2 = 38 AWG]
0.0811 0.0876 0.0634

Rx Outer Radius
[G2=29 AWG] | [G2=29 AWG] [G2 =29 AWG]
0.1103 0.1198 0.0975
[G2=19 AWG] | [G2=19 AWG] [G2 =19 AWG]

4.1.2. VALIDATION STUDIES

We performed two validation studies on the output of our Monte Carlo simulation. Due to
the reliance on approximations for our analytical models, in the first study, we examined the error

rate of our outputs by performing a Finite Element Analysis (FEA) using ANSYS Maxwell on the
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interaction between the transmitting and receiving coils for one sample in each of the three coil

designs (Figure 53).
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Figure 53: Finite Element Analysis Results. (A) Simulation results for planar coil with N-turns (i) E-
field (ii) B-field. (B) Simulation results for multi-layer coil with single turn (i) E-field (ii) B-field. (C)

Simulation results for multi-layer coil with N-Turns (i) E-field (ii) B-field.
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Percent errors between analytical and numerical models are shown in Table V. The largest
error is seen with quality factor computations, with the primary effect on Q of the multi-layer coil
with N-turns design. This is due to inherent errors in the analytical approximation for coil AC
resistance using the Dowell method. This percent error has been shown to be impacted primarily
by the operating frequency [69], which was kept constant for all simulations, thus establishing
consistency between samples. Furthermore, it is important to note that the primary focus of this
optimization study was to determine relative, rather than absolute, impact on PTE, which was the

focus of our second validation study.

Table V: Comparison of analytical model results used for Monte Carlo simulation and numerical

model results used in ANSYS Maxwell simulations

Tx: Planar, N-Turns Rx: Planar, N-Turns
Inductance 2.4% 0.8%
Quality Factor 30.1% 1.7%
Coupling Coefficient 4.9%
Tx: Multi-Layer, Single Turn Rx: Planar, N-Turns
Inductance 0.2% 0.7%
Quality Factor 21.1% 6.7%
Coupling Coefficient 9.7%
Tx: Multi-Layer, N-Turns Rx: Planar, N-Turns
Inductance 2.4% 0.1%
Quality Factor 72.2% 2.7%
Coupling Coefficient 3.1%
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Since nearly 150 million combinations were examined in the optimization analysis, we
evaluated the persistence of the same level of accuracy in the remaining datasets using a
subsequent validation step. This analysis was performed using the correlation data from above.
The variance between each data point in the normalized samples was computed. The variance of
these variances was used to validate computational consistency in which a lower value would
indicate higher repeatability. The results of this analysis are shown in Table VI, indicating

reliability throughout the analysis.

Table VI: Variance of sample variance to examine model reliability in which a lower value would

indicate higher repeatability.

Tx Coil Type Planar, N-Turns | Multi-Layer, Single Turn | Multi-Layer, N-Turns
Tx Wire Gauge | 1.175x 107 9.990 x 1077 5.732x 10°
Tx Inner Radius | 3.231 x 10° 1.292 x 10° 1.009 x 10
Tx Outer Radius | 3.741 x 10* N/A 2.147 x 10
Tx Height N/A 4.377 x 10* 5.275 x 10*
Rx Wire Gauge | 2.480 x 10° 1.162 x 10°® 7.395 x 10°
Rx Inner Radius | 5.629 x 10* 4,082 x 10 3.586 x 10
Rx Outer Radius | 6.790 x 10°® 1.996 x 10°® 2.893 x 10

4.2. CHARGING SYSTEM ANALYSIS

As revealed in Figure 11, the stimulation unit and subcutaneous unit of the pacemaker function
based on intermittent charging intervals from the external unit. Charging frequency and duration

are dependent on battery capacity and effective coupling in the CSS. We utilized the LP204965
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ultrathin Lithium Polymer rechargeable battery for our pacemaker due to an optimal compromise
between size and power capacity. The LP204965 carries a 1100 mAh battery capacity and 3.7 V

output with dimensions of 65 mm x 49 mm x 2 mm.

The SSS was estimated to consume 1.04 mW of power based on previous measurements
for a patient that requires continuous pacing at 60 BPM [55] in addition to power requirements for
an EKG sensor [72] and control circuitry [36]. The full capacity of the battery would thus provide

sufficient power for nearly 5.5 months.

Charging duration is dependent on charge rate current, as shown in Equation (27):

battery capacity (Ah)

time to charge (h) = 27)

charge rate current (A)

The time to charge is thus limited by the coupling efficiency and power output of the
inductive power transfer system. To measure this value, coil properties and the coupling coefficient
were implemented in the circuit model of Figure 54 and simulated using PSPICE Electronic

Circuit Optimization & Simulation software.
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Figure 54: Charging Sub-Unit Circuit Model. The circuit model is simulated in PSPICE software

using computed coil properties and coupling coefficient.

Using the system output and Equation (27), an 8-hour charging session was estimated. This
session can either be completed once every 5.5 months (e.g. overnight charging) or separated into
two 4-hour charging sessions once every 2.5 months depending on patient preference and
compliance. It is important to note that these estimations were based on maximum power
consumption for a patient that would be in need of continuous pacing with maximum voltage
threshold of 5 V at a pulse duration of 1 ms. This is in comparison to the significantly lower average
voltage threshold of 0.8 V at pulse duration of 0.5 ms [21], which would result in lower power
consumption. Furthermore, artificial pacing would only be activated once an abnormal rhythm is

detected. In most patients, this is not continuous, thus further extending battery life.
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5. DISCUSSION

For decades, implantable electronics have paved the way for life-changing therapies,
including artificial pacing for cardiac rhythm disorders and neural stimulation for movement
disorders, gastric mobility, and bladder contraction. However, a fundamental design challenge for
implantable devices is the power source and its resulting impact on device size and fixation
mechanism. In this work, we presented a system architecture that allowed for long-range wireless
power transfer to a small batteryless implant (see Section 2. Design of a Miniature Pacing
System). The proposed batteryless and wireless pacer thus enabled an unprecedented stent-like
intravascular deployment mechanism (Figure 43) made only possible by significant device
miniaturization and wireless powering. The demonstrated potential for stent-like deployment and
fixation can help reduce device failure from exposure to hemodynamic and myocardial contractile

forces present in the cardiac chambers.

Due to the need for a small transmitter and receiver device size within anatomical
constraints, inductive power transfer systems in medical implants often encounter very low power
transfer efficiency that either demands reduction in wireless power transfer range or increase in
power transmission that may surpass SAR limits. We circumvented these limitations by
implementing a four-coil design (Figure 11) consisting of two independent two-coil sub-systems
(see Section 2.2. Three-Tiered Pacemaker Design and Section 4. Wireless Power Transfer in

Charging Sub-System).

While various multi-coil architectures have been proposed [49]-[53], their reliance on an
interdependent relay system demands continuous presence of all coils for power transmission to

the final device (Figure 8). To minimize the number of implants and surgical incisions, the
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stimulator of the presented system functions entirely independent from the primary power source
present in the external unit. This architecture is made possible through the application of remote-
controlled power transfer in each sub-system, thus allowing for sufficient wireless power transfer

range while avoiding multiple position-limited implants (Figure 13).

The control architecture of a wirelessly powered system is fundamental to its application
in implantable devices. The control circuitry of most inductive power transfer systems is placed
inside the stimulating unit, thus requiring continuous power delivery [16-41]. Two approaches
have been sought to address this architecture: (1) direct wireless power transfer (Figure 6) or (2)
battery-based power delivery (Figure 7). The former entails sufficient direct wireless power
transfer to satisfy both the internal control circuit and tissue stimulation. This direct transfer
requires significant power delivery in the setting of weak coupling between the transmitter and a
small-scale receiver, resulting in tissue heating over multi-centimeter ranges. The latter addresses
the limitations of direct wireless power at the expense of an integrated battery and, consequently,
device size. Thus, currently available inductive power transfer systems demand sacrifice in either

size or efficiency (see Section 1.3.3. Near-Field Wireless Power Transfer).

In our intravascular pacer, we placed the control circuity for pulse modulation inside the
transmitter (Figure 10); thus, the solution to size and inefficiency were not forced into mutual
exclusivity. Using the transmitter as the primary controller, we compartmentalized the function of
the receiver to only a transformation unit that is activated solely during the short period of
stimulation. Thus, eliminating the battery mitigated the size issue, and transmitting intermittent
wireless pulses compensated for power transfer inefficiency (see Section 2.1. Remote-Controlled

Stimulation).
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Notably, intermittent power delivery allowed for reduced receiver size by tolerating a more
weakly-coupled system while supplying sufficient power for stimulation. The tolerance for
amplifying wireless power transmission is prominently constrained by SAR limits, which is in turn
dependent on the duration of power transfer. Thus, the instantaneous power delivery could be
amplified by providing short-length pulses rather than continuous transmissions. The coupling
coefficient is impacted by the distance between the interacting coils and their geometry as defined
by Equation (5), re-written below:

2..2
. . T
Coupling Coefficient = k = 3 cos(8)

Vi, (Vi +D?)

where 1y is the radius of the transmitter, r, is the radius of the receiver, D is the distance between

the transmitter and receiver, and 6 is the misalignment angle.

A system that tolerates weak coupling thus allows for a small receiver coil (r,) with a large
distance (D) between the transmitter and receiver, rendering our control architecture optimal for
biomedical implants which face anatomical constraints and variations. In this context, the anatomic
constraint of a coronary vein in the anterior cardiac wall warranted a receiver coil design with < 3
mm diameter. As elucidated in our simulation and bench experiments (see Section 3.2. Micro-
Pacer Translation to Practice), the resulting power transfer efficiency was measured to be below
10% in response to a combination of displacements and misalignment (Figure 33, Figure 34,
Figure 35, and Figure 41). Nevertheless, sufficient power for pacing was established while
remaining below the SAR limits (Figure 42). This outcome enables further increases in power

delivery from the transmitter in the setting of anatomical constraints and cardiac motion.
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Furthermore, intermittent power transmission in the case of the stimulation sub-system
significantly reduced power consumption and tissue absorption by eliminating the majority of
power needs through wireless means and relying primarily on wired power transfer for all
functions except stimulation (Figure 9). Finally, while the inductive power transfer system
efficiency is low in both sub-systems and collectively, due to the utilization of intermittent power
transfer, sufficient power for a short pulse stimulation is nonetheless achieved to a miniature
intravascular implant over a total distance of 55 mm (20 mm SSS and 25 mm CSS) while

remaining below SAR limits (Figure 12).
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6. FUTURE WORK

While our pacer has been circumferentially configured for intravascular deployment to the
anterior cardiac vein, further length reduction would allow for navigation through the tortuous
coronary anatomy. A reduction in length by ~5 mm would be realized by implementing
Complementary Metal-Oxide-Semiconductor (CMQOS) [82] integrated chip technology for the
receiver circuitry. Furthermore, receiver coil length can be reduced by implementing optimization

designs on a parylene-C flexible PCB substrate [83], [84] (Figure 55).

Side View Top View

me Silicon
a) Start with parylene substrate on

=== Parylene
silicon wafer

Metal

a) Electron beam evaporate deposit
Ti/Au metal for bottom layer

a) Coat parylene and etch openings

a) Deposit another layer of metal
for cail

a) Electroplate thicker gold

a) Coat with parylene and release
from substrate

i

Figure 55: Micro-fabrication process. The receiver coil and circuitry will be placed on a flexible

substrate using the illustrated fabrication technique.

We propose three potential design configurations to increase power transfer efficiency

within the defined ACV parameters:
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(1) Adding a secondary relay coil resonant at 13.56 MHz, positioned opposite to the original
receiving coil; the relay coil will focus the magnetic field due to the presence of an
intermediate repeater [85] (Figure 56A).

(2) Converting to a dual spiral design fabricated as planar coils on two opposing layers of the
substrate. Upon folding, the direction of current will be additive. Upon structuring into a
cylindrical configuration to circumscribe around the catheter cross-sectional perimeter,
both spirals contribute to the magnetic coupling, thus optimizing the coil design within the
confines of the ACV. Two-layer fabrication will be implemented to realize the design and
an additional via will connect the two coils (Figure 56B).

(3) Adding a ferromagnetic material above the receiving coil to increase the magnetic
coupling. The ferromagnetic material may be soft iron, ferrite ceramic, or a nanostructured
flexible magneto-dielectric material as reported by Tang et al. [86]. The ferromagnetic
material will be deposited below the copper trace of the coil or across the entire surface

area of the substrate underneath the coil tracings (Figure 56C).
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Figure 56: Future Directions. Three design configurations to increase magnetic coupling between the
transmitting and receiving coils. (A) An additional relay coil is positioned opposite to the original
receiving coil. (B) Two coils with opposite spiral directions increase the magnetic coupling. (C)

Additional magnetic material is deposited above the receiving coil to increase the magnetic coupling.

While the proposed pacer was designed for intravascular deployment to the ACV,
alternative methodologies for implantation and fixation could be applied. For instance,
intravascular fixation in the Great Cardiac Vein (diameter > 8 mm) would allow for an increase in
receiver coil size (r,) to improve efficiency and to facilitate catheter-based intravascular
deployment. The proposed design could also be deployed to the right ventricle for endocardial
fixation, similar to current pacemaker implantation. By eliminating an integrated battery and
reducing device size and mass, the wireless design is able to minimize the risk for dislodgment or
embolization. In addition, inductive power transfer systems have the capacity to integrate data
transfer on top of the power transmission signal, thus providing the potential to perform multi-
chamber pacing and signal encryption [87]-[93].
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While the presented work introduces a new direction in wireless stimulation devices, we
recognize the prospective roadmap to achieving a clinically viable system. It is important to note,
however, that the fundamental design rules established here provide the essential architecture for
future technical adaptations. These include (1) adding an EKG sensor and accelerometer in the
space-tolerant transmitter for feedback-based pacing, without the need to increase intravascular
pacer size; (2) mitigating intra-device thrombosis by treating the surface chemistry with anti-
thrombotic coating similar to drug-eluting stents; (3) fabricating electrodes in the form of a ring
using a porous structure to engender high impedance electrodes similar to current pacemaker leads;
and (4) establishing chronic biocompatible packaging; the transmitter can be packaged using metal
encapsulation with feed throughs for the coils [94]; the receiver can be packaged using glass
encapsulation [75]-[81], [95] or flexible silicone rubber and oil-based parylene encapsulation [96],
[97]. Furthermore, while the current device has been designed via gold-covered copper wiring to
optimize biocompatibility, further risk reduction can be achieved with the use of platinum tracings

similar to existing pacemaker leads.
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7. CONCLUSION

Wireless power transfer through radiofrequency (RF) serves as a promising endeavor in
eliminating the need for implanted batteries in medical devices. While some challenges remain in
achieving safety and efficacy of a long-term implantable system, novel system designs have
presented us with opportunities to eliminate inherent limitations of electromagnetic-based wireless
power transfer systems. Device miniaturizations and increases in power transfer efficiency have
allowed for new applications in the medical device field, including deep neural implants that
necessitate significant size reductions, cardiac implants that must withstand variations from
contractile motion, gastrointestinal implants that must withstand challenging environments, and
more. In overcoming these challenges, wireless power transfer can meet many of today’s unmet

clinical needs.

Overall, the successful implementation of the wirelessly powered batteryless pacer
presented in this work provides a basis for the development of the next generation of wireless long-
term implantable pacemakers, with clinical implications for neural and gastrointestinal stimulation

in both the young and elderly populations.
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