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ABSTRACT 
 

Implantable medical devices (IMDs) have advanced significantly in the last few decades due to 

innovations in microelectronics and power sources. Today, IMDs can perform various vital 

functions such as stimulating muscular organs (e.g., heart, bladder, neurons) to maintain the body 

mechanics and regulating physiological fluid (e.g., blood, hormone, urine, etc.). All of these 

effectively improve the quality of life and prolong life expectancy. However, many existing IMDs 

often blindly deliver therapeutic means without knowing the state of the disease. Since IMDs are 

usually surgically introduced to the human body, post-operation adjustments are difficult, resulting 

in chronic stimulation. As such, the long-term operation of IMDs shall be precisely regulated based 

on the current state of the body, i.e., closing the loop, especially with unprecedented 

communication and powering techniques. 

The goal of this research is to develop an implantable medical device (IMD) platform that can 

close the loop not only between sensing and stimulation within the IMD itself but also between 

other IMDs and the outside world. Thus, we first demonstrate a standalone closed-looped IMD 

that regulates oxygen generation based on physiological levels. Second, the IMD platform can also 

bridge other passive implantable sensors to the outside world. To this end, this report discusses a 

passive sensor in the form of a Smart Stent that senses and transmits arterial blood pressure 

information to the IMD platform via magnetic resonance (MR) coupling. Therefore, such MR 

coupling intrabody communication in the body is rigorously investigated. Lastly, we report an 

effective and efficient powering technique for the IMD platform. Ultrasonic waves in the human 

body can travel long distances with relatively low attenuation, reaching deep tissue. In this thesis, 

we enhance the ultrasonic powering method for IMDs with a novel receiver design for 

omnidirectional powering. Overall, the proposed multifunctional, multimodal, wireless IMD 

platform can operate reliably for the long term due to novel MR coupling communication and 

omnidirectional ultrasonic powering.    
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CHAPTER 1 

INTRODUCTION 
 

1.1 Overview  

In this thesis, we report a multimodal wireless implantable medical device (MW-IMD) 

platform, which we introduce as, a Totally Implantable Microsystem Platform (TIMP). The TIMP 

is an ultra-low-power wireless platform that can be controlled by a physician using a remote 

controller to perform certain functions in the body. It can also bridge to other sensor nodes in the 

body to create an intra-body network (IBNet); communicate with each other or transmit 

information to an external receiver. This thesis explores all aspects of the TIMP, including 

therapeutic means, wireless communication, and power. At first, we demonstrate that the platform 

can be integrated with a therapeutic mean (we use an oxygen generation module as an example). 

Then, the wireless communication for the TIMP is explored with an FDA-approved wireless band, 

i.e., industrial, scientific, and medical, ISM (433 MHz). Since typical RF transmission may 

experience a significant attenuation through biological tissue for communicating with deeply 

seated implants, we also propose an alternative communication method of the magnetic resonance 

(MR) coupling. For long-term operation, reliable powering is important. Among many solutions, 

we propose a battery recharging mechanism using ultrasonic powering technology. Ultrasonic 

powering has been chosen due to its ability to transmit power to deep tissue implants. Furthermore, 

we investigated different shapes of the piezoelectric receiver transducer to enhance the energy 

captured by making the receiver omnidirectional to the incoming ultrasound.  

1.2 Recent Developments in Implantable Medical Devices (IMDs) 

Since the evolution of the pacemaker in the 1950s [1], subsequent decades have witnessed a 

significant development of implantable medical devices due to the advancements in integrated 

circuits, microelectromechanical systems (MEMS), wireless systems, and battery technologies. 

Today, these implantable medical devices (IMDs) have led to new insights in ambulatory 

monitoring and automated diagnosis for many chronic diseases [2], [3]. Briefly, implantable 

medical devices (IMDs) can operate in two different modes: (a) monitoring disease-related 

parameters and corresponding automated actuation to deliver medicine or physiological 
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stimulation (i.e., closed feedback systems such as pacemakers, implantable cardiac defibrillators, 

implantable neurostimulators, etc.), and (b) monitoring physiological health parameters that are 

used by medical practitioners to recommend specific actions (i.e., change in medication, avoidance 

of certain foods, etc.). For example, in some chronic diseases or deficiencies in the natural function 

of organs, forming a therapeutic network of multiple sensors and actuators inside the body can 

enable unprecedented management, e.g., overactive bladder control by a spinal cord neuro-

modulator based on the bladder pressure monitoring by an implantable pressure sensor; urine 

volume monitoring by micro-electrode mediated neural recording [4]–[6]; effective pacemaker 

control via pH, oxygen, respiration, activity, and drug infusion monitoring [7], [8]; or brain-

computer interface via an implantable micro-electrode array (where the number of channels can 

be more than 100) [9]. More recently, a great number of IMDs have been approved by the U.S. 

Food and Drug Administration (FDA) for commercial use in the last few years. Some of the 

notable implantable stimulators are Aveir Leadless Pacing System [10], eCoin Peripheral 

Neurostimulator [11], Senza Spinal Cord Stimulation (SCS) System [12], Vercise Genus™ Deep 

Brain Stimulation (DBS) System [13], Nucleus 24 Cochlear Implant System [14], and Inspire 

Upper Airway Stimulator (UAS) [15]. There are also state-of-art implantable sensors such as 

CardioMEMS HF System  [16] and Eversense E3 Continuous Glucose Monitoring System [17]. 

Some drug delivery systems have also hit the market: Prometra Programmable Infusion Pump 

System [18]. Some of these IMDs are shown in Fig. 1.1.  

 

Figure 1.1. Various Wireless Implantable Medical Devices (IMDs) 
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While these implants help patients by delivering specific actions or continuously monitoring 

bodily functions, many of these IMDs often work independently without direct supervision. It is 

concerning because these implantable medical devices (IMDs) are partly or totally placed into the 

body through a surgical procedure and remain inside for critical biological functions. Since they 

cannot be easily removed or adjusted once implanted, three important functions shall be warranted 

for long-term operation: a smart close-loop control system, robust wireless communication 

capability, and reliable power source. Having these modalities could greatly enhance the overall 

capability, confidence, and accuracy of the patients' diagnostics. Therefore, it is imperative to 

develop a multimodal system accommodating these features to enhance the capabilities of 

implantable medical devices.    

1.3 Research Objective 

The objective of this research is to develop a closed-loop implantable medical device (IMD) 

that bridges the gap between sensing, stimulation feedback, and communication with other IMDs 

implanted for different physiological sensing and therapeutic actuations through intra body 

network (IBNet). The multimodal wireless platform will be able to work independently as a 

therapeutic IMD as well as work with other internal and external devices, such as sensors, 

actuators, external readout systems, or a remote controller. Custom 3D printed biocompatible 

packaging with omnidirectional ultrasonic powering will enhance the power reception, operational 

longevity, and durability of the implant. The outcome of this research will contribute to the 

development of many smart implantable device platforms capable of addressing the current 

challenges in portable and continuous physiological monitoring and improving the quality of life.  

1.4 Dissertation Outline 

This dissertation comprises five chapters. After the introduction in Chapter 1, Chapter 2 

presents an overview of the totally implantable microsystem platform (TIMP). The system and 

software architecture, as well as the wireless communication (with an external device) has been 

elaborately discussed. Chapter 2 concludes with an ex vivo experiment demonstrating oxygen 

generation with TIMP in porcine tissue. 

Chapter 3 contains an elaborate discussion and experiments related to communication between 

deeply seated implants and TIMP through the intrabody network (IBNet). The chapter is concluded 
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by demonstrating a multi-receiver scenario where the host module (i.e., TIMP) can transmit 

power/data to, or from multiple implantable devices.  

Chapter 4 provides an in-depth overview of the omnidirectional powering scheme for TIMP. 

The use of 3D printed, piezoelectric, and biocompatible material (i.e., BaTiO3) is demonstrated by 

making various polyhedral shapes and experimenting with their piezoelectric performances in 

ultrasonic waves. The chapter concludes with the demonstration of a prototype device with an 

implantable micro light source proving its capability for being used as a power source for 

implantable microsystem platforms such as TIMP. 

Chapter 5 proposes future research and planned work. The scope and impact of my future work 

are also discussed.  Additionally, the use of MR coupling on passive sensors such as smart stent is 

also discussed. 
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CHAPTER 2 

TOTALLY IMPLANTABLE MICROSYSTEM PLATFORM 
(TIMP) 

2.1 Overview 

In this chapter, the proposed totally implantable microsystem platform (TIMP) with an 

implantable oxygen generator capable of highly controllable in situ oxygenations is presented. As 

illustrated in Fig. 2.1, the system consists of an oxygen generation module and wireless mainboard 

electronics for controlling oxygen ‘dose’ (i.e., concentration, rate, and period). The design is 

inspired by pacemakers, which have a distal therapeutic delivery unit attached to the main control 

unit. As such, the main control electronic is intended to be placed at the subcutaneous region (under 

the skin) for reliable wireless communication while the oxygen generation module is implanted in 

the target organ (pancreatic cancer is shown as an example) for localized and real-time oxygen 

delivery. Using a remote controller, the system allows a clinician to initiate, adjust, and terminate 

oxygen generation (or program the scheduled oxygen therapy). For long-term usage, the system 

also features wireless inductive powering. This highly controlled oxygenation scheme is expected 

to eliminate the risk of dosage or pressure-related sickness while effectively reversing hypoxia. 

 

Figure 2.1. Multimodal wireless implantable medical devices: a totally implantable microsystem 

platform (TIMP), coordinating with wireless sensor nodes (i.e., smart stent), controllable 

therapeutic devices (i.e., oxygen generator), and external readout and controller module. 
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The TIMP system in combination with the oxygen generating probe is an ultra-low power 

wireless implantable module that can be built using off-the-shelf components. It can be remotely 

operated to enable a tailored oxygen delivery based on electrolysis with a precisely controlled 

electrical signal (i.e., current level, frequency, and duty cycle). Such a local mode of oxygen 

delivery allows adequate oxygenation, benefiting the rapid restoration of hypoxia.   

2.2 System Architecture and Design 

2.2.1 TIMP Motherboard and Remote Controller 

 

Figure 2.2. (a) TIMP development system for the mainboard electronics and interdigitated Pt 

oxygen generating probe, (b) fabricated TIMP system, and (c) the remote controller module. 
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The TIMP mainboard electronics (Fig. 2.2(a)) can be wirelessly controlled by a remote controller 

(Fig. 2.2(c)). The fabricated and integrated TIMP system is also shown in this report (Fig. 2.2(b)). 

To provide tailored oxygen doses through electrolysis, the mainboard will be designed to supply 

various voltages and currents, precisely regulated by a smart control system with necessary 

feedback and user inputs. Fig. 2.3 shows the system architecture of the mainboard and the remote 

controller. The mainboard consists of an ultra-low-power, sub-1 GHz wireless microcontroller 

(CC1310F128RSM, Texas Instruments), powered by a 3.7 V, 300 mAh rechargeable li-ion battery 

(RJD3048ST1, CDE/Illinois Capacitor) that is regulated via a 3.3 V low dropout voltage regulator 

(NCV8161BSN330T1G, Onsemi). Depending on the user inputs, the microcontroller supplies 

various voltage outputs (and current) via a variable voltage regulator (LM317DCYR, Texas 

Instruments) and a 50 kΩ digital potentiometer (MAX5417META+, Maxim Integrated). The in-

circuit voltage booster (TPS61096ADSSR, Texas Instruments) provides the necessary juice from 

the battery, resulting in up to 19 V output. A smart closed-loop control system then precisely 

adjusts the output current. The closed-loop control system is programmed to take feedback from a 

current sensing resistance and voltage divider (to sense voltage output). The feedback lines are 

connected to the analog input of the microcontroller. The voltage divider is necessary to ensure 

the maximum input voltage stays below 3.3 V (maximum input capacity of the microcontroller). 

The system architecture for the mainboard electronics is described in Fig. 2.3(a), and the remote 

controller is in Fig. 2.3(b). 

As mentioned, the electrolysis byproduct is free chlorine, which must be suppressed. Greenbaum 

et al. reported that the repetitively pulsed charge-limited electrolysis enables prompt oxygen 

generation while delaying chlorine production [19]. The process utilizes the difference in chlorine 

ion concentration between the electrodes and electrolyte (biological fluid) interface and bulk 

phase. Except for some minor levels of specific chemisorption, the chlorine ions are substantially 

excluded from the electrolyte region alongside the electrodes by a characteristic distance called 

Debye length, 𝜆𝜆𝐷𝐷𝐷𝐷. It is a measure of how far into the electrolyte the electrostatic effect of an 

electrode or probe persists, which depends on the ionic concentration, charge, and other physical 

parameters such as temperature [20], [21]. The TIMP also employed pulsed mode electrolysis by 

switching the output on and off with a preset frequency and duty cycle using an N-Channel 

MOSFET (DMN2215UDM-7, Diodes Incorporated). The output from the NMOS is connected to 

the oxygen generation module. Lastly, a wireless recharging feature is incorporated for long-term 
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use, eliminating the need for a battery replacement. A wireless inductive charging coil 

(WR202020-18M8-G, TDK Corporation) and associated charging controller (BQ24079, TI) are 

directly connected to the battery. 

 

Figure 2.3. TIMP system architecture of (a) a mainboard, and (b) a remote controller.  

The mainboard is designed to be a circular form factor to minimize acute wounds due to sharp 

edges during the implantation. On the mainboard, a battery, wireless charging coil, and an oxygen 

generation module will be connected. After assembly, the entire implant unit will be coated with 

a thin layer of polyurethane for passivation. The mainboard will be molded in industrial epoxy for 

biocompatible encapsulation (MED-301-2, EPO-TEK), making the overall dimension of the 

receiver to be 32 mm in diameter and 10 mm in height. A 15-cm pliable extension wire pair 

connects the oxygen generation module and the mainboard. The overall weight of the implant unit 

is only 16 grams. 

Overall, the mainboard can produce output voltage between 1.25 V to 16 V for delivering output 

current up to 1 mA. The user can set the output current with a 200 µA increment. Users can also 

set the pulse frequency ranging from 100 Hz to 1 kHz with a 100 Hz increment and the duty cycle 
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ranging from 1 to 100% with a 1% increment using a remote controller. The remote controller is 

shown in Fig. 2.2(c), and its system architecture is shown in Fig. 2.3(b). The remote controller is 

equipped with a display (128×64, SSD1306, Adafruit Industries), four buttons for selecting 

operation parameters (i.e., enable, frequency, current, duty cycle), two buttons for value change 

(increase or decrease), and one reset button. The enable button puts the mainboard in sleep or 

wake. Upon selecting the operation parameters, the users can adjust the values using the increase 

or decrease buttons. The user-defined parameter values are simultaneously transmitted to the TIMP 

mainboard. The wireless communication protocol is based on the 433 MHz (ISM band) [22]. The 

remote controller is powered by a 3.6 V, 550 mAh rechargeable battery (TL-2450P, Tadiran 

Batteries). 

2.2.2 Software Architecture 

The operating system of the microcontrollers (for both the implantable unit and transmitter 

module) is written in C language in the CCS compiler (ver. 8.3.1). The functional flow charts for 

the implantable unit and the transmitter unit are shown in Fig. 2.4. At the startup, the software 

initiates the hardware. The sequence establishes the RF wireless communication followed by the 

I2C communication. When the mainboard receives user input from the remote controller, the 

software checks the device status and turns the system on or off accordingly. The software also 

obtains parameter information (i.e., current level, frequency, and duty cycle) and adjusts them per 

user-defined inputs. For the current, the software adjusts the digital potentiometer (via I2C 

communication protocol) that provides a new reference voltage to the variable voltage regulator 

while monitoring its analog feedback input from the current sensing resistance. A closed-loop 

feedback function in the operating system ensures the accuracy of the current output by carefully 

adjusting the voltage level based on the user input and impedance. The software also sets the 

frequency and duty cycle using an internal timer function (32-bit timer module with PWM mode) 

running on an external 24 MHz high accuracy crystal clock with ±10 ppm frequency stability (240-

8-36B2-CKM-TR, ECS Inc). Once all parameters are set, the software enables system output until 

the new command from the remote controller. 

The remote controller also functions similarly. Upon powering up, the software starts the 

hardware initialization. The RF wireless communication setting enables data transmission, and the 

I2C protocol facilitates the display. The OLED display shows four parameters that can be set 
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through user buttons: 1) mainboard status (on or off), 2) current amplitude (up to 1000 µA), 3) 

frequency (100 Hz – 1 kHz), and 4) duty cycle (1 – 100 %). The preset values are: status set to off, 

the current amplitude is 200 µA, frequency 100 Hz, and duty cycle of 1% (i.e., 10 ms period with 

100 µs pulse on time). A user can adjust those parameters and then hit the device enable button to 

send a new command to the mainboard. The command is transmitted wirelessly with a 433 MHz 

carrier frequency using a pre-defined wireless communication protocol (Section 2.2.3). If none of 

the buttons are pressed for 15 seconds, the remote controller enters sleep mode to preserve the 

battery life. Any button press wakes up the transmitter module and displays the status and other 

parameters. 

 

Figure 2.4. Functional flow chart for the TIMP (a) mainboard, and (b) remote controller. 

2.2.3 Wireless Communication 

The TIMP system is programmed with a pre-defined wireless communication protocol for 

long-range sub-1 GHz bandwidth (433 MHz, 5 kbps, TI SimpleLink long-range mode-2, 2-GFSK 

modulation with modulation index h = 0.5, 15 dBm Tx power, and 49 kHz Rx bandwidth). Sub-1 

GHz frequencies are used for low-power and relatively longer communication links. 433 MHz is 

also the ISM (industrial, scientific, and medical uses) band, which can be used for wireless medical 
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devices. The remote controller transmits data in a specific structure for reliable and synchronized 

transmission over long distances (tested up to 600 cm from the implanted device). Fig. 2.5 shows 

the RF packet structure. The packet structure contains several data streams, including a 64-bit sync 

word repeated twice and then an inverted sync word followed by a 64-bit payload and a 28-bit 

termination word. 

 

Figure 2.5. RF packet structure used for wireless communication 

2.3 Overview of In Situ Oxygen Delivery Methods 

Oxygen is an essential component in any living organism for survival [23]. In the human body, 

oxygen delivery depends on ventilation, gas exchange, and circulatory distribution via the lung 

and vascular systems. Any disruptions in these, could consequent low oxygen levels and low blood 

pressure and can be followed by heart failure or even death. It is primarily concerned with the 

recent pandemic caused by the COVID-19 virus that causes respiratory failure [24]. Within four 

minutes of oxygen deprivation, cells undergo hypoxia that causes a range of complications from 

substantial adaption to cell death [25]. For example, insufficient oxygen supply to the brain can 

leave permanent cell damage, resulting in memory loss, inability to move, blindness, etc. [26]. Cell 

hypoxia is also commonly found in cancer. Cancerous cells are prone to a low oxygen 

environment, which presents a barrier to the effective delivery of therapeutic means to the tumor 

[27]. In radiation therapy, the efficacy is dictated by the oxygen concentration in the solid tumor 

due to the fact that the creation of free radical species requires the presence of oxygen [28]. Lack 

of oxygen in solid cancer also restricts the chemotherapeutic drug uptakes by elevating interstitial 

pressure between the capillary beds and the tissues [27]. To combat cell hypoxia, physicians 

prescribe oxygen therapy. Two standard methods to deliver oxygen into the body are systemic 

delivery through natural breathing of high oxygen content air mixture or hyperbaric oxygen 
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therapy (HBOT). For a high oxygen-content air mixture, various oxygen delivery systems are 

available. The mask and valve are paired with an oxygen flow system, delivering 24 – 90% inspired 

oxygen. The inspiration rate can be adjusted by the ventilatory minute volume and oxygen flow 

rate. However, inappropriate doses and failure in continuous monitoring often result in severe 

consequences, such as hypoventilation and carbon dioxide retention [29]. In the case of HBOT, a 

patient stays in a high-pressure chamber (> 1 atm) filled with 100% oxygen over a period of time. 

However, the use of pure oxygen causes safety concerns due to high flammability, along with side 

effects (e.g., high fever, asthma, and seizure). The high-pressure environment is also unsuitable 

for patients with congestive heart failure, inner ear issues, or sinuses [30].  

Despite the reasonable clinical outcomes, the aforementioned methods are systemic oxygen 

delivery, suffering from a significant dropout rate. Thus, more localized and targeted oxygen 

delivery methods are suggested. Maleki et al. proposed an implantable micro-oxygen generator 

capable of in situ tumor oxygenation through water electrolysis [31]. Alternatively, R. Seekell et 

al. used polymer hollow microparticles (PHMs)-based oxygen delivery. Intravenously delivered 

PHMs could release oxygen payload when exposed to desaturated blood, i.e., targeted oxygen 

delivery [32]. However, its long-term application may be restricted by the lack of precision 

controllability. Table 2.1 shows a comprehensive summary of some state-of-the-art methods for 

oxygen delivery (for therapeutic purposes) reported in recent years, as well as similar technologies 

reported in the past. 
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Table 2.1 State of the Art Oxygen Delivering Methods for Hypoxic Cells / Hypoxemia 

References Oxygen source Delivery  
method 

Powering, 
communi- 
cation, and 
operating 
frequency 

Suitable 
applications 

Average 
Oxygen 
Delivery Rate 

Operating time Remarks 

This work  Electrolytic 
dissociation 

In situ O2 
generation 

Inductive 
charging + 
Battery, 

RF Comm. 433 
MHz 

Solid tumors such 
as in the pancreas 
with severe 
hypoxia, 
oxygenation in the 
brain, respiratory 
applications 

13.09 ± 2.43 
µmol/L/min 
(Pulsed DC) 
18.32 µmol/L 
/min (DC) 

10 minutes (or 
as long as 
needed) 

Remotely 
controlled, 
real-time, Cl 
generation  
significantly 
suppressed 

Song et al. 
2020 [33] 

Lipid-coated 
biogenic gas 
vesicles (GVs) 

Injected and 
delivered via 
oxygen-filled 
nanobubbles as 
carriers 

None Tumor hypoxia 
reachable via 
blood vessels 

~ 0.7 mg/L/min 
(21.9 µmol/L 
/min) 

10 minutes Overcomes 
short 
circulation 
time of 
synthetic 
bubbles during 
application 

Seekell et 
al. 2016 
[32] 

Polymer hollow 
micro-particles 
(PHMs) 

Injected and 
releases O2 
payload when 
exposed to 
desaturated 
blood 

None Rapid 
administering of 
large volumes of 
oxygen through an 
intravenous line 

Not reported 100% saturation 
within 20 
minutes 

Lacks 
precision 
controllability 

Moen et al. 
2012 [29] 
Gill et al. 
2004 [30] 

Hyperbaric 
oxygen therapy 
(HBOT) in a 
high-pressure O2 
chamber  

Enhances the 
amount of 
dissolved 
oxygen in 
plasma through 
breathing 

N/A Breast, Colon, 
Oral, Lung, 
Ovarian, etc. 

Oxygen 
infusion in the 
blood is 
elevated, but 
localized 
oxygen 
concentration is 
not reported 

Up to 90 
minutes with 
0.2 - 0.4 MPa 
Oxygen 
pressure 

May have 
some systemic 
side effects 
(i.e., asthma, 
seizures, high 
fever) and 
risks of high 
flammability 

Hatfield et al. 
2014-2015 
[34], [35] 

Sun et al. 
2012 [36] 

Lee et al. 
2018 [37] 

Breathing of high 
percentage O2 
content air 

Elevated O2 in 
the bloodstream 

N/A Cancer hypoxia 
reachable via 
blood vessels 

Breathing 40% -
95% oxygen, 
but localized 
oxygen 
concentration is 
not reported 

3-72 hours Breathing a 
higher 
percentage 
risks 
inflammation, 
but ~ 60% was 
found useful, 
although not as 
effective as 
HBOT method 

Maleki et al. 
2011 [31] 

Electrolytic 
dissociation 

Piezoelectric 
implanted 
module 
generates O2 in-
situ 

Ultrasonic 
powering at 
2.15 MHz, 

No comm. 

Pancreatic tumors 0.525 µL/min 
(6.4 µmol/kg 
/min) 

~ 10 minutes Cl generated, 
has no 
localized O2 
generation 
control 
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2.3.1 Oxygen Generation Module (Electrolysis Cell) 

The TIMP system features an oxygen generation module whose sole purpose is to generate 

oxygen through a non-spontaneous electrolysis reaction in the biological fluid [38]. The direct 

electric current applied across the electrodes creates a potential difference that overcomes the 

energy barrier and breaks the chemical bonds. The required electric current levels depend on the 

chemical compositions present in the solution. In the human body, physiological fluids should be 

considered. A common substitute for the physiological fluid used for in vitro testing is phosphate-

buffered saline (PBS). 

The chemical composition of PBS is bonded phosphoric acid (H3PO4) molecules and free ions 

of sodium (Na), potassium (K), and chlorine (Cl). Under the electric current application, the 

bonded H3PO4 molecules break down into phosphate (P) and H2O molecules over two steps as 

oxygen (O) is removed. Simultaneously, the H2O molecules break down into hydrogen (H2) and 

oxygen (O2) gas. Each step of this reaction contains an independent standardized electric potential 

totaling 2.185 V [39]. By supplying an electric potential higher than 2.185 V, we force the 

production of oxygen gas as well as chlorine and hydrogen, as shown in Fig. 2.6. 

 

Figure 2.6. Standard reduction potentials during the electrolysis. 

One factor affecting oxygen, chlorine, and hydrogen generation via electrolysis is the current 

density across the electrodes. The higher current density allows for the exchange of electrons to 

be more abundant [40]. The best way to increase the current density without increasing the 

overpotential is by expanding the contact area between the electrodes and the fluid [41]. This can 

be done via multiple electrodes. To this end, we employed a thin-film (150 nm) platinum 
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interdigitated microelectrode on a glass substrate (ED-IDE3-PT, MicruX Technologies), which 

consists of 180 interlocked pairs with a one-to-one width to spacing of 5 µm. The microelectrode 

is then encased in a 3D-printed needle-like platform (for easy implantation), completing the 

oxygen generation module (Fig. 2.2(a)). The overall dimension is 15 × 7 × 0.75 mm3. 

2.4 Results and Discussion 

2.4.1 Power Consumption Analysis and Wireless Charging 

The TIMP mainboard requires robust power management for reliable long-term operation. We 

chose a 3.7 V, 300 mAh rechargeable li-ion battery (RJD3048ST1, MFG: CDE / Illinois Capacitor) 

as the onboard power source. The battery provided adequate energy to run each of the components 

of the device. Average current consumptions during each operation are shown in Fig. 2.7. We used 

a high-accuracy power analyzer tool with a 100 ksps data acquisition capability (Power Profiler 

Kit II, Nordic Semiconductor) to measure the currents during each operation. 

 

Figure 2.7. Measured power consumption during TIMP operations 

When the device status was in sleep mode (off state), the average current consumption was 

measured to be 0.6 µA. Upon the mainboard receiving the wake-up call (the mainboard 

periodically checks for incoming data packets), the TIMP mainboard first initiated the RF 

communication protocols in 312.5 ms with an average current consumption of 2.56 mA. Next, the 

microcontroller initiated the I2C bus communication required to control the digital potentiometer 

(for adjusting the voltage regulator output), which took up to 523 µs and added 1.3 mA to the total 

current consumption. After the hardware initialization, the rest of the electronics started to operate 

per the user inputs. This includes the voltage booster and microcontroller internal timer, which 
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controls the frequency and duty cycle of the regulated voltage, and current outputs. The peripheral 

hardware initialization took up to 357 µs, and the current consumption increased by 69.35 mA on 

average. The maximum average instantaneous current (when not connected to the electrodes) 

could reach up to 74 mA at the maximum oxygen generation operation. When the oxygen 

generation module was introduced to the tissue, the total impedance changed, resulting in 

additional current consumption of up to 1mA (depending on tissue impedance and current level 

set by the user). In total, the current consumption could reach up to 70-75 mA. With a 300 mAh 

rechargeable battery and a 20% discharge safety factor, the device is expected to operate for up to 

3.2-3.4 hours without interruption. 

Since the battery eventually depletes, we enabled a wireless recharging feature using the 

onboard inductive coil and the li-ion battery recharge management IC. The battery recharging was 

tested using the same size transmitter coil placed 10 mm away from the TIMP device. Using a 

signal generator with a power amplifier, the TIMP was wirelessly recharged at 5 MHz (maximum 

power transfer occurred at 5 MHz). The input voltage and power were maintained at 5V, and 10W, 

respectively. The battery of the TIMP device was recharged at an average of ~96 mA current and 

took 3.75 hr to be fully recharged from 20% to 100%. Note that the recharging performance could 

vary depending on the charging efficiency, orientation, and distance between the transmitter and 

receiver coils. 

 

Figure 2.8. Wireless reception performance: received signal strength (dBm) in air and in 

porcine tissue (ex vivo) vs. distance from the transmitter (cm). 
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2.4.2 Wireless Communication Performance 

The wireless communication performance was also characterized. The Received Signal 

Strength Indicator (RSSI) was measured while varying the distance between the mainboard and 

the remote controller. The wireless communication performance was tested in two mediums: air 

and porcine tissue (20.3×15.2×15.2 cm3). Fig. 2.8 shows the experimental setup and results. As 

expected, the RSSI dropped when the distance between the mainboard and the remote controller 

increased. The average RSSI values were obtained from 200 data packets transmitted for each 

distance. The bit error rate (BER) and packet error rate (PER) were also measured for up to 600 

cm distance. It should be noted that the wireless transceiver used in the TIMP system 

(CC1310F128RSM, TI) had a built-in auto gain control (AGC) for receiving RF signal, which 

helped the wireless reception even though the actual received signal could be weak. It was 

especially noticeable in the ex vivo experiment. Although implanting the TIMP mainboard inside 

porcine tissue exhibited a signal strength loss of an average of 28.4 dBm over the 600 cm distance, 

the BER and PER showed 0% loss, which implies that the signal strength was adequate to transmit 

and receive the data packets accurately and reliably over a long-range. 

2.4.3 TIMP System Oxygen Generation In Vitro 

 

Figure 2.9. An example of oxygen generation by the TIMP system. A pulsed current at 400 µA with 

400 µs pulse (4% duty cycle) and a 10 ms period is used for the demonstration. The oxygen 

generation protocol is: 10 minutes on and 5 minutes off. 
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The oxygen generation of the TIMP device was characterized in vitro under a temperature-

controlled phosphate buffered saline (PBS) solution. Since its osmolarity and ion concentration 

match well with those of the human body, PBS is ideal for simulating biological fluids. Firstly, the 

PBS was deoxygenated using nitrogen gas bubbling for 30 minutes (rate: 3 - 5 bubbles per second). 

The initial level of the dissolved oxygen in PBS was measured using a fiber-optic oxygen sensor 

(Neofox-Fospor, Ocean Insight). Once the solution was wholly deoxygenated, it was prepared for 

the experiments. The oxygen generation module of the TIMP system was submerged in 5 mL of 

deoxygenated PBS in a sealed glass chamber. The temperature was controlled to be at the body 

temperature (37 °C). The optical oxygen sensor tip was positioned in the PBS proximal to the 

oxygen generation module to measure dissolved oxygen in situ. The oxygen level over time was 

observed while the TIMP system supplied: 1) various direct current (DC) levels, 2) pulsed current 

with various pulse durations and a fixed current level, and 3) various pulsed current levels with a 

fixed pulse duration. 

The TIMP system was operated for 30 minutes each time. Using a remote controller, the TIMP 

system was turned on for 10 minutes and off for 5 minutes, repeated at least twice in sequence. An 

example plot is shown in Fig. 2.9. An increase in the dissolved oxygen was observed during the 

TIMP system on period and almost stable conditions during the off period. It was also observed 

that the oxygen generation rate started to reduce when the dissolved oxygen reached the maximum 

dissolution of the PBS; PBS can present the dissolved oxygen up to 100% O2 saturation (or about 

214 µmol/L at 37 °C) [42]. 

The production of chlorine during oxygen generation is inevitable as a part of electrolysis 

chemical reactions. To avoid adverse effects due to chlorine, the TIMP system used pulsed 

electrolysis. Such pulsed operations can suppress the chlorine level well below the safety limit (5 

mg/L), reported by World Health Organization [43]. We extended the experiments to measure 

chlorine generation. To quantify the chlorine level, we used Stabilized Neutral Orthotolidine 

(SNORT) method [44]. The SNORT method analyzes the dissolved chlorine through 

spectrophotometry. After each TIMP run, a chlorine indicator dye, orthotolidine (R-0600-A-DB, 

Taylor Technologies), was added to the solution and then processed under the UV-VIS 

spectrophotometer (Biomate-160, Thermo Scientific) to determine the concentration of dissolved 

chlorine. A two-point calibration was obtained by measuring the light absorbance at 436 nm with 
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known concentrations of chlorine in the PBS (0.005 mg/L to 5 mg/L) [44]. Then, after 30 minutes 

of the TIMP operation, 5 mL of PBS was mixed with 200 µL of orthotolidine. The dyed PBS was 

processed in the spectrometer to measure the light absorption coefficient, then inserted into the 

calibration equation to find the chlorine concentration. 

Fig. 2.10(a) shows the experimental results when the TIMP system was operated using the DC 

mode. The oxygen generation rates rapidly increased with the supplied current level. The results 

showed the oxygen generation rate ranging from 4.47 ± 2.3 µmol/L/min to 18.32 ± 1.5 µmol/L/min 

when 200 µA to 1 mA direct current levels were supplied. While the TIMP system could deliver 

sufficient oxygen through the DC operation, chlorine was generated concurrently with increasing 

DC levels. It was measured to be 4.87 ± 0.01 mg/L at 600 µA current. Beyond 600 µA, the chlorine 

concentration could not be quantified as the values were out of the calibration range. Additionally, 

abnormal clumps were observed, which may have changed the chemical properties of the dye 

(orthotolidine) at high chlorine concentrations. 

 

Figure 2.10. Average oxygen and chlorine generation rate for (a) DC mode TIMP with various 

current levels; (b) pulsed mode TIMP with various current levels, and 800 µs fixed pulse duration; 

(c) pulsed mode TIMP with various pulse durations and 800 µA fixed current level (period is 10 

ms). 

Next, we investigated the change in oxygen generation rate when the TIMP system was 

operated with the pulsed current. The pulsed current level was varied from 200 µA to 1 mA. The 

pulse duration was fixed at 800 µs, and the pulse period was 10 ms. The purpose of this experiment 

was to demonstrate that pulsed electrolysis can delay chlorine production while keeping the 

oxygen generation rate close to that of the DC operation. The results are shown in Fig. 2.10(b). 

Overall, the oxygen generation performance did not significantly deteriorate under the pulse mode 

electrolysis; the results showed a moderate drop in the oxygen generation rate than the DC 
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electrolysis (average 26.8% drop). In return, chlorine generation was reduced by order of 

magnitudes compared to previous results with DC electrolysis. For example, an 800 µA pulsed 

current with 800 µs duration produced only 0.24 ± 0.036 mg/L of chlorine, whereas the same 

current level with DC electrolysis generated excessively high chlorine, which was out of range (> 

4.87 mg/L). However, the 1 mA-pulsed current produced a high chlorine level (3.80 ± 0.018 

mg/L). This was almost 15 times higher than the chlorine amount found for an 800 µA pulsed 

current. Thus, oxygen generation via 800 µA pulsed electrolysis effectively suppressed chlorine 

generation. 

After finding the optimal pulsed current level, we further investigated to find the pulse 

duration. We varied the pulse duration from 200 µs to 1 ms (equivalent to the duty cycle of 2 – 

10% of 10 ms of the period) (Fig. 2.10(c)). As we found that 800 µA is the maximum current that 

generates oxygen without excessive chlorine, the pulsed current level was constant for all 

experiments. It was observed that the lower duty cycle (up to 400 µs) produced oxygen slowly (< 

2.65 µmol/L/min). The dramatic improvement in oxygen generation occurred beyond 600 µs of 

pulse duration. It is because the total charge in PBS required for electrolysis was somewhat 

insufficient under lower pulse duration. The longer pulse duration (600 µs, 800 µs, and 1 ms) 

produced oxygen with the rates of 9.27, 10.02, and 13.09 µmol/L/min, respectively. While the 

oxygen generation rate was an incremental change, the chlorine generation could be consistently 

suppressed across all pulse durations. 

2.4.4 TIMP Oxygen Generation Characterization Ex Vivo  

After the in vitro validation, the TIMP is implanted in porcine tissue to find a more biological 

relevance. The oxygen generation module of the TIMP is implanted in the porcine tissue. The 

sharp end of the oxygen generation module rips the tissue easily to be placed inside. The TIMP 

mainboard is placed in the container under the porcine tissue. Using the same protocol as the in 

vitro experiments, the remote control activates the mainboard, initiating oxygen generation. 

Based on the previous findings, we set the operation mode to pulsed electrolysis with a current 

level of 800 µA, pulse duration of 600 µs, and pulse period of 10 ms. When the TIMP generates 

oxygen under the pulse operation, oxygen is quickly absorbed by the tissue, making the 

measurement difficult. The optical oxygen probe is inserted proximal to the oxygen generation 

module to counter this effect. As shown in Fig. 2.11, we observed a linear response in oxygen 
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generation (4.84 ± 0.02 µmol/L/min). We also observed that the oxygen dissolving rate in the 

tissue is slightly lower than the oxygen generation rate in the PBS (9.27 vs. 4.84 µmol/L/min; 48% 

reduction). It is due to a few factors. Firstly, the porcine tissue could not be completely 

deoxygenated, which reduces oxygen generation performance. We could observe similar behavior 

from the in vivo results when the total amount of oxygen is close to saturation. Secondly, the 

change in the electrolysis medium may have contributed to the reduction in the oxygen generation 

rate. Thirdly, the oxygen dissolves in the tissue rapidly; the oxygen sensor may not be able to 

capture the true oxygen level produced by the TIMP module. Nevertheless, the ex vivo results 

confirm that the TIMP system can oxygenate biological tissue. 

 

Figure 2.11. TIMP ex vivo validation: oxygen generation in porcine tissue showed a linear 

response (Pulse current level = 800 µA, the pulse duration is 600 µs, and period is 10 ms)     

2.5 Remarks  

Hypoxia is one of the hallmarks of solid tumors, which is believed to be a major bottleneck for 

traditional chemo- and radiotherapy. Reversing tumor hypoxia, therefore, can potentially enhance 

the efficacy of these therapeutic interventions. The totally implantable microsystem platform with 

an oxygen generator, TIMP, can oxygenate hypoxic solid tumors in a localized manner with 

precise control. The TIMP generates oxygen in situ using the electrolysis process, which only 

requires the platinum electrodes on a glass substrate. Notably, platinum and glass are both 

biocompatible, chemically inert, and durable for long-term implantation.  
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In conclusion, this chapter presents a comprehensive study of a totally implantable 

microsystem platform (TIMP) that provides in situ oxygen in real-time. The system is built using 

off-the-shelf components and enables cost-effective and rapid development. The accuracy and 

longevity of the TIMP system have been demonstrated using in vitro and ex vivo experiments. The 

TIMP device is implantable, biocompatible, rechargeable, lightweight, and wirelessly controllable, 

making it an attractive candidate for clinical applications in the future. The TIMP system is 

expected to bring therapeutic success in treating hypoxic cancerous tumors along with mainstream 

therapeutic methods (e.g., chemotherapy and radiation therapy).   
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CHAPTER 3 

MAGNETIC RESONANCE COMMUNICATION FOR TOTALLY 

IMPLANTABLE MICROSYSTEM PLATFORM (TIMP) 

 

3.1 Background  

In view of long-term and continuous monitoring, effective chronic disease management using 

implantable medical devices require continuous uninterrupted operation; thus, an intra-body 

network (IBNet) is becoming increasingly important, further spurred by the advances in ultra-low-

power electronics and communications [45]. In terms of communication with the totally 

implantable microsystem platform (TIMP), a radio frequency of 433 MHz is used for 

communicating with external transmitters or receivers (e.g., a remote controller or a display). Since 

TIMP will be subcutaneously implanted and communicate with an external device, RF power 

absorption in the tissue at this frequency is not as significant as it can be when communicating 

with deep tissue implants (e.g., intra body network (IBNet) with nodes and sensors). Therefore, a 

more viable method of communication with significantly lower path loss is recommended for deep 

tissue implants.  

Although wireless RF technology has been heavily researched [46], [47] for communication 

and energy transfer, it suffers from poor transmission through biological tissue. It also needs a 

relatively large antenna, which limits how small the implantable devices can be and prevents 

implantation in organs such as the brain, heart, and spinal cord without causing significant damage. 

To overcome the shortcomings of RF coupling, there are some alternative methods available for 

intra-body communication. Depending on how the signal is propagated, the methods can be 

classified into: galvanic coupling (GC) [48], [49], capacitive coupling (CC) [50], [51], magnetic 

induction/resonance coupling (MI/MR) [52]–[54], or can be a mix of different coupling methods 

such as a combination of capacitive coupling in HBC with MI wireless power transfer (WPT) 

demonstrated by Zhang et al. [55]. In galvanic coupling (GC), the Tx and Rx electrodes are directly 

in contact with the skin to induce communication by means of electric current flow [56]. In 

capacitive coupling (CC), the signal electrodes create ground capacitance to complete the current 
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loop [50]. In the magnetic resonant (MR) coupling method, the signal is coupled through the body 

using magnetic coils and magnetic flux [54]. The magnetic resonance coupling is more efficient 

within biological tissue due to lower path loss achieved by employing the resonating behavior of 

the coils. It enables transmitting at optimal power to a higher link distance. In this mode of 

coupling, an electromagnetic signal is coupled into the body using an electromagnetic coil and is 

tapped from another part of the body using similar coils.  

In this chapter, we systematically compare three IBNet coupling methods in terms of path loss 

(section 3.4.1). We hypothesize that MR coupling is the most suitable technology for the IBNet 

since the magnetic permeability of the soft tissue is similar to that of the air [57]. Then, we evaluate 

different MR coupling combinations (section 3.4.2). We then systematically evaluate MR coupling 

in different body parts (section 3.4.3), angular misalignment between transmitter and receiver 

(section 3.4.4), posture change (section 3.4.5), and multiple receivers’ modes (section 3.4.6). Fig. 

3.1 visualizes the proposed IBNet. It consists of multiple therapeutic nodes (e.g., wearable, or 

implantable sensors or actuators) and intermediate nodes (or hubs) for external communication, 

powering, and data storage. 

 

Figure 3.1. Illustration of intra-body power/data transmission network 
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3.2 Coupling Methods for IBNet 

In this section, we briefly review three standard signal coupling methods for IBNet and human 

body communication (HBC), which are galvanic, capacitive, and magnetic resonance (MR) 

coupling. Fig. 3.2 briefly illustrates their working principle. 

 

Figure 3.2. Intra-body coupling methods: (a) galvanic coupling, (b) capacitive coupling, and  

(c) magnetic resonance (MR) coupling and equivalent circuit. 

3.2.1 Galvanic Coupling 

The Galvanic HBC is the coupling of the signal to the human body through a pair of electrodes 

in contact with the skin to be used as a transmitter (Tx) and a receiver (Rx), as shown in Fig. 3.2(a). 

When a differential signal is applied, Tx couples the signal to the body by producing a primary 

current flow and induces galvanic currents (secondary flow) to the Rx. The working mechanism 

is extensively discussed by Wegmuller et al.; they studied the influence of the electrode size and 

human body joints on the channel for a stimulus input, based on the position of the Tx and Rx, at 

different locations on the body [56]. 

The galvanic coupling is dependent on the current flow through the body. Since only a small 

fraction of the current goes across the longer path from Tx(+) to Rx(+) (and back from Rx(−) to 

Tx(−)), it is generally not an energy-efficient coupling method as we show in section 3.4.1. 

Furthermore, the relatively low conductivity of the human body may cause rapid signal decays 
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with the distance, resulting in large path loss compared to other approaches [58]. On the positive 

side, this method does not require an external ground, so it is a reasonably suitable coupling method 

for wearable and implantable devices. 

3.2.2 Capacitive Coupling 

Capacitive coupling (also known as electrostatic coupling) uses a pair of electrodes as Tx and 

Rx as shown in Fig. 3.2(b). The signal electrodes are attached to the body capacitively while the 

corresponding ground electrodes are left floating, which creates a capacitance with the 

environment (earth, air, or other objects in the surrounding). The capacitive coupling mechanism 

can be modeled as distributed RC circuits [59]. Here, the operation frequency is low enough for 

electrostatic analysis. However, as the frequency is scaled above tens of MHz, the power radiated 

by electrodes increases. A wave propagation model operating on the surface of a human body was 

introduced by Bae et al. [60]. In addition, Maity et al. [61] recently introduced a biophysical model 

where the biophysical parameters (i.e., capacitance, resistance) were estimated for subcutaneous 

human tissues to explain the complex impedance characteristics of signal transmission using 

capacitive coupling in the body. 

In the capacitive coupling method, the signal flows capacitively through the body and the 

return signal is propagated through the environment [62]. The capacitive coupling from the on-

body into the muscle experiences a significant signal loss, but the signal flow inside the body does 

not experience much loss and is mostly insensitive to the distance traveled [61]. However, more 

recent work suggests substantial and varying “shadowing effects” in various parts of the body [51] 

leading to higher signal attenuation. These works speak of the “electro-quasistatic” (EQS) effect 

to describe capacitive coupling operating at frequencies less than 10 MHz. Additionally, due to 

the weak nature of the received signal and high dependability on the surrounding environment, 

capacitive coupling in IBNet usually works at a short-range [63] making it unusable for use with 

implantable/wearable devices at a longer distance. 

3.2.3 Magnetic Resonance Coupling 

The magnetic resonance coupling refers to the signal coupling between the Tx and Rx coils 

via magnetic flux as shown in Fig. 3.2(c). The resonance frequency, which must be identical for 

transmitter and receiver, is given by 𝑓𝑓 = 1/2𝜋𝜋√𝐿𝐿𝐿𝐿, where 𝐿𝐿 is the coil inductance, and 𝐿𝐿 is the 
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capacitance connected in parallel with the coil. The resonance coupling ensures maximum 

power/signal transfer which also enhances the link distance through the body [54]. The Tx coil 

generates an oscillating magnetic field that is coupled through the tissue and can be received using 

an Rx coil placed at other places on the body due to mutual inductance. The current in the Tx coil 

dictates the mutual inductance (M21) with the Rx coil and can be expressed as, 𝑀𝑀21 =  𝑁𝑁2 ∙ 𝜑𝜑21/𝐼𝐼1, 

where 𝑁𝑁2 is the number of turns of the Rx coil, and 𝜑𝜑21 is the magnetic flux. Suppose that the Tx 

coil has 𝑁𝑁1 turns, the current 𝐼𝐼1 through the coil generates a magnetic field 𝐵𝐵1, and the area covered 

by the oscillating magnetic field is 𝐴𝐴1. If two coils (Tx and Rx) are close to each other, some of 

the magnetic field lines of the Tx coil will also intersect the Rx coil. The resulting EMF in the Rx 

coil with 𝑁𝑁2 turns is as follows: 

𝑒𝑒.𝑚𝑚.𝑓𝑓. =  −𝑁𝑁2
𝑑𝑑𝜑𝜑21
𝑑𝑑𝑑𝑑

=  −𝑁𝑁2
𝑑𝑑
𝑑𝑑𝑑𝑑

 �𝐵𝐵1����⃗ ∙ 𝐴𝐴2�                                   (3.1) 

Assuming that 𝑎𝑎 is the radius of the coil, and 𝑧𝑧 is the axial distance from the center of the Tx 

coil, the magnetic field strength at the receiver coil depends on the relative magnetic permeability 

of the medium µ𝑟𝑟, and can be represented as: 

𝐵𝐵�⃗ = [𝜇𝜇0𝜇𝜇𝑟𝑟𝑁𝑁1𝑎𝑎2𝐼𝐼1]/ �2(𝑎𝑎2 + 𝑧𝑧2)
3
2�                                          (3.2) 

While the galvanic coupling offers interference-free communication, the intra-body network 

may benefit from the MR coupling in multiple aspects. Firstly, the use of a magnetic field can 

maintain lower path loss in biological tissue since the magnetic permeability of the biological 

tissue is similar to that of the air [57], which is a distinct benefit from the other two common HBC 

methods (i.e., galvanic and capacitive couplings). Secondly, the MR coupling method is not 

affected by the surrounding environment and can communicate without an external reference [64]. 

Moreover, MR coupling technique does not require a ground plate, which makes it more suitable 

for implantable applications. The resonant coupling mode (instead of inductive coupling) 

maximizes the transmission distance while minimizing the path loss, resembling the resonant 

wireless power transfer systems [65]. Finally, the transmission signal primarily remains in the 

magnetic near field and thus limits RF radiation ensuring maximum signal is delivered to the 

coupled receiver through the body. These advantages consequently reduce the overall power 

consumption in the HBC systems. 



28 
 

3.3 Experiment Setup for HBC Measurements 

3.3.1 Instrumentation 

A two-port vector network analyzer (VNA; E5061B, Keysight Tech.) was used to measure the 

S21 parameter, which is the power transfer ratio between port 1 (Tx) and port 2 (Rx). To determine 

the signal attenuation (or path loss) of galvanic and magnetic resonance couplings, we connected 

electrodes (for galvanic) or coils (for MR) to the VNA. The transmission frequency range was set 

between 500 kHz to 160 MHz, and the transmission power was maintained at 0 dBm (1 mW) 

throughout the study. The measurement device was carefully calibrated before each experiment to 

ensure accurate measurements. Figs. 3.2 and 3.3 show different coupling methods pictorially. 

For the galvanic coupling experiments (section 3.4.1), each Tx and Rx electrode consists of 

two half-circular (width = 1.6 mm, dia = 33.2 mm, thickness = 0.1 mm) conductive copper sheets 

(positive and negative electrodes) forming a ring with electrical isolation in the middle (same 

diameter as the MR coils). The galvanic electrodes were attached to the skin directly with 

biocompatible polypropylene film-based pressure sensitive adhesive (PSA) tape (ARseal 90880, 

Adhesives Research) after applying the electrode gel (Spectra 360, Parker Laboratories) to increase 

the conductivity and eliminate air gaps. 

 For the capacitive coupling experiments (section 3.4.1), each Tx+ and Rx+ (positive) electrode 

was made using a conductive copper ring (width = 1.6 mm, dia = 33.2 mm, thickness = 0.1 mm) 

as shown in Fig. 3.3(b). Each Tx− and Rx− (negative) electrode was connected to two separate 

copper sheets (10 cm × 3 cm) and placed on insulated platforms 10 cm above the ground to create 

ground coupling through ground capacitance. 

Decoupling the ground between the Tx and Rx was done by utilizing independent test 

equipment: Tx was connected to a wave generator (4065, BK Precision) while the Rx was 

connected to an oscilloscope (MSOX 3024T, Keysight Inc.), which was operated using isolated 

portable power supplies. The channel gain was calculated by measuring the ratio between the 

voltages across the Tx and Rx using the formula: 𝑃𝑃(𝑑𝑑𝐵𝐵) = 20 ∙ log10(𝑅𝑅𝑒𝑒𝑅𝑅𝑒𝑒𝑅𝑅𝑅𝑅𝑒𝑒𝑅𝑅 𝑅𝑅𝑣𝑣𝑣𝑣𝑑𝑑𝑎𝑎𝑣𝑣𝑒𝑒 /

 𝑇𝑇𝑅𝑅𝑎𝑎𝑇𝑇𝑇𝑇𝑚𝑚𝑅𝑅𝑑𝑑𝑑𝑑𝑒𝑒𝑅𝑅 𝑅𝑅𝑣𝑣𝑣𝑣𝑑𝑑𝑎𝑎𝑣𝑣𝑒𝑒). The test subjects were also standing on an insulated platform, 1 cm 

above the ground. The polyimide insulated Tx+ and Rx+ electrodes were attached to the forearms 

and created a capacitive coupling with the body as shown in (Fig. 3.3(a)). 
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For the MR coupling experiments (section 3.4.1 - 3.4.6), we primarily used commercially 

available RFID coils (Zycoil Electronic Co.) coupled with a capacitor as Tx and Rx. It is a planar 

coil with 9.27 µH of inductance (made of 10 turns of 34 AWG, polyimide insulated copper wire, 

dia = 33.2 mm) connected in parallel with a 14.86 pF capacitor, forming an LC circuit with a 

resonance frequency of 13.56 MHz. The capacitor values were varied on both Tx and Rx to create 

resonance at different frequencies. We also used two other MR coil pairs in this study (reported in 

section 3.4.2, Fig. 3.4) which are hand-wound coil (950 nH, 26 AWG, 2 loops, 48 mm diameter), 

and commercially available chip inductor coil (15 nH, B82422, TDK-EPC Corp.) with 

corresponding capacitors to create different resonance frequencies. 

For the experiment with multiple MR receiver coils (section 3.4.6) to measure the received 

power, the voltages (V) across the receiver MR coils were measured using a four-channel 

oscilloscope (MSOX 3024T, Keysight Inc.), and the received power was calculated using the 

formula, 𝑃𝑃(𝑑𝑑𝐵𝐵𝑚𝑚) = 10 ∙ log10(𝑃𝑃(𝑚𝑚𝑚𝑚) / 1𝑚𝑚𝑚𝑚), where 𝑃𝑃(𝑚𝑚𝑚𝑚) =  𝑉𝑉2/𝑅𝑅, and 𝑅𝑅 is the probe 

resistance of the oscilloscope (1 MΩ). The transmitter and receiver coils were covered by a 

specialized magnetic shielding film (WMF200, Woremor) to minimize magnetic interference from 

nearby electronic equipment and over-the-air transmission [66]. The magnetic shield used in this 

experiment has ≥ 40 dB electromagnetic attenuation for the signal frequency range used in this 

study. 

We also measured the magnetic flux density (Table 3.1) produced by the coils using a magnetic 

tunnel junction (MTJ) sensor (STJ-240, Micro Magnetics), combined with a Wheatstone bridge 

circuit and a high-speed digital multimeter (2700, Keithley Instruments). The sensor works by 

changing its resistance when exposed to a magnetic field, which is converted to magnetic flux 

density (µT). The ultra-sensitive response of the sensor (1.15%/Oe) can be useful when measuring 

weaker magnetic fields produced by smaller coils (i.e., MR coil with chip inductor). The 

Wheatstone bridge provides a more accurate reading of the unknown resistance values from the 

sensor. It is worth mentioning that the MR coupling requires no metal-free environment. A study 

by Gulati et al. concluded that having shielding (i.e., aluminum foil) wrapped around the 

transmitter or placing a strong magnet near the transmitter did not significantly perturb the 

magnetic communication [67]. The magnetic field produced by our MR coupling method was 

below 1 µT, which can provide longer and better communication links without direct current flow 



30 
 

through the body. The study by Ogasawara et al. on the effect of magnetic coupling also presented 

a similar conclusion [53]. 

3.3.2 Experimental Protocol with Human Subjects 

All experiments in this study were conducted on human volunteers. The experimental methods 

were approved by Temple University’s institutional review board (IRB). Seven healthy adult 

participants (5 males and 2 females) were selected for the study (age: 21-65 years). The IBNet 

transmission measurements were taken on all volunteers across different body parts (i.e., hand, 

arm, chest, waist, thigh, calf, shoulder, etc.) on a ground-isolated platform while standing and in 

other postures. Since the transmitted power was well below the safety thresholds, no adverse 

impacts were expected, and the subjects did not feel any effect during the experiments [68]–[70]. 

3.3.3 Safety Considerations 

Unregulated exposure to non-static electromagnetic fields over an extended time may cause 

adverse health effects on humans [70]. In this study, we strictly maintained the electrical 

transmission power output at 0 dBm (1 mW) from the vector network analyzer. The maximum 

magnetic flux density generated from the coils was below 1 µT (Table: I), well under the reported 

safety threshold limit according to the IEEE standard for safety levels with respect to human 

exposure to magnetic fields [69] for our operating frequency range 500 kHz to 160 MHz. No 

sensation was reported throughout the duration of this study as the transmitted power was too low 

to be felt, causing any localized heating, or causing absorption by the tissue. 

3.4 Results and Discussion 

3.4.1 MR coupling vs. other coupling methods 

In order to validate the MR coupling provides a better signal transmission performance than 

other methods for IBNet, we measured the channel gain (dB) using a pair of galvanic electrodes, 

a pair of capacitive electrodes, and a pair of MR coupling coils on the forearms of a human 

volunteer (Fig. 3.3(a)). The probes (electrodes and coils) are shown in Fig. 3.3(b). The distance 

between the probes through the body was maintained at 100 cm. As for the MR coupling, we also 

placed the MR coils at a 100 cm distance in the air (parallel to each other) to observe the 

transmission performance in the air. Using the VNA, we measured the channel gain (dB) from 500 

kHz to 160 MHz. Fig. 3.3(c) shows that MR coupling in the body demonstrated the highest channel 
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gain at least up to 15 MHz, which is in good agreement with the literature [64]. However, as the 

frequency increases above ~15 MHz, the signal begins transitioning from magnetic induction to 

RF radiation [71], which experienced channel gain drops. It is attributed to high water content in 

the human body ≥ 60%) that blocks RF well (this is known as the shadowing effect). This effect 

leads to a higher signal attenuation at high frequencies for RF signals in the body [72], [73]. 

However, the higher frequency signal may also radiate through the air instead of the body in form 

of electromagnetic (EM) waves. This leads to some improvement in the gain after around 25 - 35 

MHz. It is even prominent around ≥ 60 MHz, where the performance of all three methods is almost 

the same. 

 

Figure 3.3. Tx and Rx probe placements on the body; (b) MR coil, galvanic electrode, and 

capacitive electrode; (c) comparison of channel gain using different coupling methods. 

Human body tissues are dominantly diamagnetic and are not affected by typical magnetic fields 

(µ𝑟𝑟 = 1) [74]. The magnetic field from the coils that propagates through the body is similar to the 

propagation if it were in the air. However, the MR coupling mode worked significantly better in 

the human body, compared to that through the air, at the given distance because the attenuation 
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through the body is found to be significantly lower (20 ≤ 𝑃𝑃𝐿𝐿 ≤ 55 dB). It is attributed to the far 

field components in the body favoring the intra-body transmission. Recently, Park et al. [75] 

reported that such far-field effects are observed due to the higher relative permittivity of human 

tissue (𝜀𝜀𝑟𝑟  ≈ 11 - 464 as compared to ≈ 1.0 in the air) [76]. The relative permittivity effectively 

reduces the wavelength using the following equation 𝜆𝜆𝑚𝑚 = 𝜆𝜆/√𝜀𝜀𝑟𝑟, where 𝜆𝜆𝑚𝑚 is the wavelength in 

the medium of relative permittivity 𝜀𝜀𝑟𝑟 [77]. For example, the wavelength for a 13.56 MHz signal 

in the muscle tissue (𝜀𝜀𝑟𝑟 = 152) will be reduced to 1.8 meters from 22 meters. Therefore, the near 

field region boundary (𝜆𝜆𝑚𝑚/2π) is reduced in the tissue, and the far field radiation is enhanced, 

which has a lower attenuation factor contributing to a significant improvement in the transmission. 

3.4.2 Performance Comparison Using Different MR Coils 

After confirming that MR coupling provides comparatively better performance, we 

investigated how the coil design affects signal transmission performance. Considering the 

magnetic flux density, inductance, and mutual coupling factor, we selected three different MR 

coils (Fig. 3.4(a-c)). For this experiment, we set the resonance frequency for all coils at 13.56 MHz 

since we observed the least path loss at resonance as shown in Fig. 3.3(c); it is also similar to the 

commercial RFID coil. The design specifications for the coils are provided in Table 3.1). The Tx 

and Rx probes were placed in the forearms of a human subject and covered by magnetic shielding 

films (Fig. 3.3(a)). The channel gain (dB) was measured from 500 kHz to 160 MHz. As shown in 

Fig. 3.4(d), the experimental results show that the MR coil with the highest magnetic flux density 

(33.2 mm coil) resulted in overall the best transmission performance with the lowest transmission 

loss at the resonance frequency. Additional experiments (20, 25, 30, 35, and 40 mm) were carried 

out to demonstrate the dependency of the diameter of the coils (keeping N = 10) with the channel 

gain performance. The results are shown in Fig. 3.3(e). For a diameter change from 20 to 40 mm 

(with N=10), the range of channel gain was -25.57 dB to -13.82 dB. At the resonant frequency of 

13.56 MHz, the average channel gain improvement was 6.03 dB/cm; the maximum improvement 

was ~ 11.74 dB compared to the coil with the minimum diameter (20 mm). Based on this additional 

experiment and our previous results with the 48 mm coil with N =2 and a chip inductor (L = 3.2 

mm, W = 2 mm), the result shows higher diameter coil performed better. It can also be concluded 

that the best-performing coil needs to be selected based on the coil diameter and number of turns 

which will introduce a tradeoff between the performance and the dimension of the coils for 
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implantable systems. The coil dimension for implantable applications needs to be carefully 

selected after these considerations. Although the majority of channel gain was near the resonance 

frequency, the MR coils also showed an improvement in the higher frequency region (≥ 25 MHz). 

This increase could be associated with the RF radiation from the coils, which initiates data 

transmission through the air along with the body [78]. Since the commercially available 33.2 mm 

MR coil (N = 10) performed the best at its resonance frequency out of these three distinctive coil 

dimensions (Fig. 3.4(d)), we choose to continue the subsequent experiments in this study with this 

coil at 13.56 MHz resonance frequency. 

 

Figure 3.4. MR coil performance compared: (a) coil - 33.2 mm (N=10), (b) coil - 48 mm (N=2), 

(c) chip coil - 2 mm, (d) channel gain performance of the corresponding coils, (e) channel gain 

performance of 5 different coil diameters keeping the number of turns N = 10. 
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Table 3.1   MR Coil Specifications (Resonance Frequency = 13.56 MHz) 

Parameter Coil type - 1 Coil type - 2 Coil type - 3 
1. Dimension 

 
2. Inductance 
3. Capacitance 
4. Magnetic flux density 

Dia = 33.2 mm  
N = 10 turns 
9.27 µH 
14.86 pF  
0.962 ± 0.01 µT 

Dia = 48 mm  
N = 2 turns  
950 nH 
145 pF 
0.224 ± 0.001 µT 

L = 3.2 mm  
W = 2.0 mm  
15 nH 
9.2 nF 
0.074 ± 0.004 µT 

 

3.4.3 MR Path Loss Through Human Body 

Figure 3.5. (a) MR coil placement on human body for direct transmission measurement; (b) Path 

loss in human body with MR coupling (Fr = 13.56 MHz). 

Next, the comprehensive MR coupling path loss over the human body was studied. In these 

experiments, Tx and Rx probes were placed parallel to each other at different parts of the body as 

shown in Fig. 3.5(a), and connected to the VNA. Fig. 3.5(b) shows the measured path loss over 

different distances between the Tx and Rx coil pair on human subjects. The path loss was measured 

through the hand, forearm, arm, lower calf, calf, chest to back, thigh, belly, hips, shoulder to feet, 

and left-hand palm to right-hand palm. As seen, the path loss increased almost linearly with 

distance (R2 = 0.83). The minimum path loss was measured through the hand (18.05 ± 4.01 dB) 

for the minimum distance (3.08 ± 0.45 cm). The maximum path loss was measured from the left 

hand to the right hand (32.95 ± 1.14 dB) for a maximum distance (140.57 ± 8.22 cm). The path 

loss between the left to the right hand was significantly higher than the path loss between shoulder 

to heel (~7.14 dB increase) although the distance was only increased by a couple of centimeters 
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on average. It may attribute to the fact that the bone to tissue volume ratio on hands is generally 

much higher than that of the rest of the body [79], [80]. Although the magnetic permeability of 

biological tissues is similar to the magnetic permeability in free space [57], the permittivity (F/m), 

and conductivity (S/m) are significantly lower in bone compared to skin, fat, and muscle tissue; 

thus the overall loss of the signal is shown to be higher in this path [81]–[83]). For other locations 

in the body, the effect of bone was less significant due to the shorter travel path through the body 

(i.e., arm, lower calf, chest to back, etc.). Linear regression between those data points (excluding 

left hand to right hand) yields a more linear (R2 = 0.91) fitting of the regression line with an 

estimated 0.0547 dB/cm + 18.88 dB path loss. 

3.4.4 Effect Of Transceiver Alignment on Human Body 

3.4.4.1 Angular Position at Adjacent Distances 

 

Figure 3.6. (a) Experiment setup for angular misalignment of Tx-Rx in adjacent locations;  

(b) performance of angular misalignment in adjacent locations on the human body. 

In theory, the best transmission between the Tx and Rx coils occurs when they are parallel to 

each other; but keeping them parallel in intra or on-body scenarios is a challenge. For this, we 

placed the receiver coil on the opposite side of the body locations (i.e., arm, waist, thigh, and calf) 

for 0° misalignment, and on the right-angle side for 90° misalignment, as shown in Fig. 3.6(a). 

The measured path loss comparing 0° and 90° misalignment for each location is shown in Fig. 

3.6(b). We observed that the 90° misalignment performed slightly worse in path loss for most cases 

(except for the arm), but the differences were nearly negligible; the difference in average path loss 
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was less than 0.33 dB. Thus, we conclude that the angular misalignment of Tx and Rx coils does 

not affect much, which makes the MR coupling even more attractive for IBNet. 

3.4.4.2 Angular Position at Remote Distances 

Figure 3.7. (a) Experiment setup for angular misalignment of Tx-Rx in distant location;  

(b) performance of angular misalignment in distant locations on the human body. 

Next, we examined if angular misalignment at a longer distance still provides a reasonable path 

loss. For this experiment, we attached the transmitter coil to the shoulder of the volunteers and 

attached the receiver coil at three different body locations (waist, thigh, and calf) at approximately 

90° misalignment as shown in Fig. 3.7(a). The measured path loss was 20.81 ± 1.50 dB at the waist 

(distance = 39.74 ± 3.97 cm), 21.20 ± 1.94 dB at the thigh (distance = 73.43 ± 5.86 cm), and 22.80 

± 2.56 dB at the calf (distance = 106 ± 4.76 cm) as shown in Fig. 3.7(b). The results are very close 

to the path loss measured at similar distances when the Tx and Rx were aligned with each other 

(Fig. 3.5(b)). It can be concluded that the misalignment does not matter much even at longer 

distances. 

3.4.5 Path Loss Due to Different Postures 

We have also investigated if body movement will have any adverse effects on effective path 

loss. For this experiment, the transmitter MR coil was attached to the left arm of the volunteers 

and the receiver MR coil was attached to the calf on the same side. The direct distance through the 

tissue between the Tx and Rx coils was in a range of 80 to 112 cm depending on the subjects (the 

in-air distance range was 63 to 95 cm). The volunteers were asked to maintain different postures 

during the experiment as shown in Fig. 3.8(a). During these postures, the skin and muscle around 
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the arm and calf contracted or expanded which had some minor effects on the measured path loss. 

The path loss data were recorded and shown in Fig. 3.8(b). 

Figure 3.8. (a) Different postures; (b) corresponding transmission performance. 

Since our choice of communication frequency was 13.56 MHz and the coils were covered by 

shielding film (section 3.3.1) to prevent electromagnetic radiation, the measured path loss was 

entirely through the body. In summary, the path loss due to different postures had an average of 

23.76 ± 0.21 dB, 95 % confidence interval [CI], and thus showed minimal effect due to posture or 

movement. 

3.4.6 Multi-Node Receiver in Magnetic Resonance Coupling 

To investigate how well signal (power/data) can be delivered to multiple wearable devices, an 

experiment was performed where we placed a single transmitter coil on the wrist and multiple 

receiver coils on the chest, waist, and calf of the volunteers. The corresponding average distance 

between the Tx and Rx was about 60, 100, and 160 cm respectively as shown in Fig. 3.9(a). A 

three-receiver system has seven independent configurations where one or multiple receivers are 

activated at a time. Since transmitted power is fixed, when the number of receivers increases, the 

transmitted power is shared, and the power received by individual Rx probes is reduced compared 

to the power they receive when working exclusively. The receiver loss in terms of dBm is shown 

in Fig. 3.9(b) and summarized in Table 3.2. 

Maximum -17.43 dBm receiver loss was observed at the closest receiver Rx1 at 60 cm distance 

when it was working independently and a maximum -16.77 dBm combined receiver loss was 
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observed when Rx1 and Rx2 were simultaneously active. It indicates that having multiple receivers 

may increase the overall efficiency of the transmission by capturing more electromagnetic fields 

at the area of placement. However, there will be a limitation on how many receivers can be added 

based on the receiver positions, gain, path loss, and transmitted power. Additionally, advanced 

algorithms can be employed to control the activity schedule of the receivers to increase the overall 

efficiency of the transmission [84]. 

Figure 3.9. (a) Three MR receivers placed on a body at different distances (Tx on the wrist and, 

Rx on the chest, waist, and calf); (b) receiver loss measured with a different number of receivers 

activated at the same time (PTx = 0 dBm). 

These experiments demonstrate that MR path loss through the body is not only lower than 

other methods, but also rather insensitive with respect to the coil orientations, body posture, and 

movement. This makes MR quite an attractive technology for IBNet use. 

Table 3.2   Multi Receiver Power Sharing (PTx = 0 dBm, 𝐹𝐹𝑟𝑟 = 13.56 MHz) 

Active receiver(s) PRx1 (dBm) PRx2 (dBm) PRx3 (dBm) Total (dBm) 
1. Rx1 -17.43   -17.43 
2. Rx2  -19.41  -19.41 
3. Rx3   -19.41 -19.41 
4. Rx1 + Rx2 -18.80 -21.03  -16.77 
5. Rx2 + Rx3  -19.90 -23.31 -18.27 
6. Rx1 + Rx3 -18.27  -24.12 -17.27 
7. Rx1 + Rx2 + Rx3 -20.10 -22.63 -26.97 -17.63 
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3.5 Remarks 

Traditional means of intra-body communication (i.e., galvanic, capacitive, RF) for IBNet are 

affected by many factors such as higher path loss due to tissue absorption, shadowing effect, 

environmental variations, instability of the quality of transmission, grounding issues, antenna size, 

etc. We have demonstrated that the MR coupling is comparatively much more robust and yet shows 

a lower path loss, and thus is better suited for IBNet. We have also observed that the transmission 

is not affected much by the angular position of the transmitter or receiver coils, the movement or 

posture also did not show any significant impact proving its viability for implantable and wearable 

devices. Additionally, multi-receiver experiments have shown that a multi-node sensor 

communication system can also be created. Overall, the MR coupling method enables conserving 

energy for long-term implants by enabling low power communication at lower path loss in the 

human body. Our evaluation, however, encountered several difficulties. For example, it was quite 

difficult to obtain exactly the same resonance frequency for both Tx and Rx coils due to slight 

mismatches in the component values. Another issue was the effect of body impedance on the 

transmission signal, which would require further study. In particular, it is also important to 

understand the packet error rates in different parts of the body and at different distances and what 

kind of encoding schemes could reduce it. This work is currently underway and will be updated in 

the future. 
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CHAPTER 4 

ULTRASONIC POWERING FOR TOTALLY IMPLANTABLE 

MICROSYSTEM PLATFORM (TIMP) 

4.1 Background 

A fundamental requirement for the successful operation of implantable medical devices such 

as TIMP, is an adequate and reliable power supply. Two significant advances in the energy source 

area in this period were the appearance of lithium batteries and inductive powering [85], [86]. 

Wilson Greatbatch, the pioneer entrepreneur and inventor of the cardiac pacemaker, was the first 

to develop and commercialize lithium batteries for implantable medical devices [87], [88]. This 

resulted in a significant increase in the device lifetime and thus minimize the number of surgeries 

for battery replacement. Inductive powering offers an alternative approach for devices that cannot 

utilize primary batteries, mainly due to large power consumption (cochlear implants) or limited 

anatomical space (intra-ocular implants). Inductive powering has reached a mature status and has 

dominated wireless implants for the past five decades. However, there are some practical issues, 

including short working distance, high misalignment sensitivity, tissue heating, and difficulties in 

fabricating sub-mm coils with adequate inductance and quality factors. 

Acoustic (or ultrasonic) powering has been explored as an effective solution to address the 

challenges mentioned earlier, especially for millimeter-scale implantable devices [31], [89]–[93]. 

It is achieved through the conversion of the mechanical energy propagating through the body in 

the form of ultrasound into electrical energy via an ultrasonic transducer.  Fig. 4.1 illustrates the 

concept of ultrasonic powering for implants. When ultrasonic waves propagate through the body, 

a deeply seated microdevice can harvest the incoming ultrasound and generate electrical power via 

an onboard piezoelectric receiver, which can be used for various functions such as sensing, 

actuation, or chemical delivery. Ultrasonic powering offers overarching advantages of long-

distance operation and high efficiency with an mm-scale receiver. For instance, with a 2-mm 

receiver placed 10 cm away from the transmitter, the efficiency of ultrasonic powering was the 

orders of magnitude higher than inductive powering (0.02% vs. 0.00002%, respectively) [94]. 
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Figure 4.1. Ultrasonic powering for miniature implants: (a) a deeply seated implant picks up a 

portion of ultrasound energy provided by an external transmitter; (b) The converted electrical 

energy can be used to power implantable devices for applications such as sensing, actuation, and 

chemical delivery. Platonic solids can also be modified and provide an inner space for a seamless 

packaging of electronics such as a power recovery circuit (i.e., rectifier) and other loads; (c) The 

ultrasonic powering can be omnidirectional when a Platonic solid design is implemented as a 

receiver (dodecahedron is shown as an example): Platonic solids have a greater number of faces 

orthogonal to the incident waves; (d) The effective area is maintained even when it is rotated due 

to its high periodicity. For example, the effective areas are repeated every 45˚, 30˚, and 18˚ for 

cube, octahedron, and dodecahedron, respectively. 

Even with these advantages, a misalignment challenge remains in ultrasonic powering; the 

powering efficiency can be significantly reduced when the incoming ultrasound direction is not 

orthogonal to the receiving surface, which may abruptly disturb the continuous operation of 

implants. This limitation originates from the geometric constrains; ultrasonic receivers often take 

a form factor of cuboids or discs with the poling vector in one direction between two parallel planes 

of electrodes. For the highest energy conversion efficiency, the incident ultrasonic waves must 

interface with the receiver surface orthogonally (i.e., the wave vector is parallel to the poling 

vector). However, when powering miniature implants, these typical form factors can be less than 

ideal; the propagating waves are often deflected within the path (due to inhomogeneous acoustic 
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media) and the miniature implants can shift and rotate, resulting in a significant misalignment. 

Previously, it was reported that increasing the symmetry of a millimeter-sized cuboidal receiver 

could improve the orientation misalignment sensitivity due to Poisson’s ratio; when ultrasonic 

waves hit the lateral sides of the receiver, the longitudinal deformation also contributes to the 

power generation [89]. However, the misalignment effects were still pronounced, especially when 

the incoming waves were scattered off the vertices and edges. This coupled with the fact that a 

millimeter-scale receiver is often designed for deep body implantation where the alignment 

between the transmitter and receiver is exceptionally challenging, the overall electrical power 

outputs were often greatly reduced. Additionally, many of the reported ultrasonic powering use 

lead zirconate titanate (PZT) [90], [91], which raises safety concerns significantly due to lead 

poisoning. 

In this chapter, we present a 3D printable lead-free barium titanate (BaTiO3) ultrasonic receiver 

adopting polyhedron designs known as Platonic solids; Platonic solids are highly symmetric as 

seen from all angles, with identical shape and size, equal angles and sides, and the same number 

of faces meeting at each vertex. The fabricated Platonic solids receivers showed enhanced power 

transfer efficiency for small implants by increasing the probability of aligning the incident waves 

and poling vector at any given angle. Moreover, the body of Platonic solid can be further 

engineered to provide a seamless packaging for microelectronics that requires life-sustaining 

functions using various payloads (Fig. 4.1(b)); examples include LEDs for implantable microlight 

source, microelectrodes for stimulation or electrochemical synthesis, or an LC resonator for 

sensing and communication (magnetic resonance communication (MR)). The Platonic solid 

receivers are evaluated experimentally by measuring angular, distance, intensity responses, and 

output power. As a proof of concept of the seamless packaging, in this chapter, we demonstrate 

the acoustic powering of an implantable micro-light source (or µLight) with a Platonic solid 

receiver, capable of generating lights for applications such as photodynamic therapy (PDT), 

photobiomodulation, or optogenetics [93], [95], [96]. The power source can be integrated with 

universal platforms such as TIMP in lieu of inductive charging, to the reduce form factor, and 

increase its charging efficiency even when it gets misaligned after implantation.  
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4.2 Wireless Ultrasonic Energy Transfer Working Principle 

The ultrasonic powering can be modeled with the classical Krimholtz, Leedom, and Matthae 

(KLM) equivalent circuit model, which describes the electromechanical properties of the 

transducers on the analogy of electrical components. Fig. 4.2 illustrates such a model showing an 

external ultrasonic transmitter (TX) and an implantable millimeter-scale piezoelectric receiver 

(RX). 

 

Figure 4.2. Modified KLM equivalent model describing the ultrasonic powering 

The KLM models the TX and RX with the three-port network, i.e., front and back acoustic 

ports, and an electrical port. The electric source (either as an input to the TX or output of the RX) 

taps into the center of a transmission line. The electrical current (via a signal generator and 

amplifier) flowing into the transducer and excites the backward and forward waves equally at the 

center of the transducer by the ratio of a preface transformer, defined by the relation of 

𝜙𝜙 = 𝑘𝑘𝑇𝑇 �
𝜋𝜋

𝜔𝜔0𝑅𝑅0𝑍𝑍𝑐𝑐
�
1/2

𝑇𝑇𝑅𝑅𝑇𝑇𝑅𝑅
𝜔𝜔

2𝜔𝜔0
                                                    (4.1) 

where kT is the piezoelectric coupling constant (e.g., kT, PZT5A = 0.57, kT, BaTiO3 = 0.26), 𝜔𝜔0 is the 

natural frequency of the transducer, c0 is the capacitor due to surface electrodes (= 𝜀𝜀𝑠𝑠𝐴𝐴/𝑣𝑣 for a 

plate transducer where 𝜀𝜀𝑠𝑠 is the permittivity of the piezoelectrical material, A is the area, and l is 

the length). ZC is the acoustic impedance of piezoelectric material. Since this ratio varies with 

frequency, we assume the natural frequencies of both TX and RX are matched, which would 

balance out the admittance terms, jXTX, and jXRX. 



44 
 

For the ultrasonic powering application, the input signal is usually a continuous wave (CW) or 

repetitive groups of sinusoidal signals. In this mode, the backward waves reflect at the back 

acoustic port, which is usually air-backed (i.e., zero impedance boundary). The reflected waves 

join the forward wave (modeled as I1 + I1’), resulting in the total stress of 

𝑇𝑇𝑇𝑇𝑇𝑇 = −2𝑗𝑗
ℎ𝐼𝐼3
𝜔𝜔𝐴𝐴

𝑒𝑒−𝑖𝑖𝛽𝛽�𝑎𝑎𝑙𝑙 sin2
�̅�𝛽𝑎𝑎𝑣𝑣
2

                                                        (4.2) 

where h is transmitting constant (= 𝑒𝑒/𝜀𝜀𝑠𝑠), I3 is the input electrical current, A is the transducer 

surface area, �̅�𝛽𝑎𝑎 is the stiffened propagation constant (= 𝜔𝜔(𝜌𝜌𝑚𝑚0
𝐶𝐶𝐷𝐷

)1/2; 𝜌𝜌𝑚𝑚0 is unperturbed density, 

CD is the stiffened elastic constant), and l is the thickness of the piezoelectric material. To complete 

the equivalent circuit, the relationship between the stress T and voltage output V at the RX can be 

determined as 

𝑉𝑉𝑅𝑅𝑇𝑇 =  
𝐼𝐼𝑅𝑅𝑇𝑇
𝑗𝑗𝜔𝜔𝑅𝑅𝑅𝑅𝑇𝑇

+ 𝜙𝜙𝑇𝑇𝑅𝑅𝑇𝑇                                                             (4.3) 

The first term is merely a voltage across the capacitor c0 with the induced current IRX at the 

frequency of 𝜔𝜔. The second term contains the transformer ratio (Equation 4.1) with the stress 

applied from the TX (Equation 4.2). 

As stress from the TX is transferred through the tissue, its mean spatial peak temporal average 

intensity ISPTA at distance d (denoted ISPTA(d)) decreases from the initial pressure ISPTA,0 (= 𝑇𝑇2/𝑍𝑍𝐶𝐶) 

as 𝐼𝐼𝑆𝑆𝑆𝑆𝑇𝑇𝑆𝑆(𝑑𝑑) =  𝐼𝐼𝑆𝑆𝑆𝑆𝑇𝑇𝑆𝑆,0𝑒𝑒−2𝛼𝛼𝛼𝛼 where α is the attenuation coefficient (in nano-Pascal/cm). Note that 

α is a function of the carrier frequency f as 𝛼𝛼 = 𝑎𝑎𝑓𝑓𝑏𝑏 where a and b are attenuation parameters 

characterizing the tissue. The complex tissue impedance can often be modeled using the Cole-Cole 

model [97], [98]. R1 represents the acoustic impedance of the intracellular fluid, R2 models the cell 

membrane resistance, and Z represents frequency-dependent cell membrane impedance. 

The actual oscillation of acoustic waves on tissue, however, can cause damages, namely 

thermal and cavity effects. Thus, the Food and Drug Administration (FDA) regulates ultrasonic 

intensity [99]. The thermal effects can be determined based on the absorption of energy within the 

tissue [100]. 
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𝑑𝑑𝑑𝑑
𝑑𝑑𝑑𝑑

=
𝛼𝛼𝐼𝐼𝑆𝑆𝑆𝑆𝑇𝑇𝑆𝑆(𝑑𝑑)
𝜌𝜌𝑡𝑡𝐿𝐿𝑡𝑡

− 𝐵𝐵0(𝑑𝑑 − 𝑑𝑑𝑎𝑎)                                                        (4.4) 

where 𝜌𝜌𝑡𝑡 is tissue density, Ct is tissue heat capacity, K is temperature, and B0 is the blood perfusion 

coefficient (e.g., 0.838 mL/min/g for large veins [101]). This relationship shows that the 

temperature elevation due to ultrasound is subject to how much tissue absorbs the energy (the first 

term) and how fast the blood circulation takes away the heat energy (the second term). Note that 

Equation 4.4 is overly estimated as it does not account for the thermal conduction, metabolism, or 

movement of the body or transducer [100]. Nevertheless, it shows the relative intensity of the 

ultrasonic powering can utilize. For example, with the safety margin of a 1.5 ˚C temperature 

elevation, ISPTA can be up to 3.8 W/cm2 to liver tissue (𝜌𝜌𝑡𝑡 = 1.05 g/cm3; Ct = 4.18 J/g˚C; B0 = 0.838 

mL/min/g) [102].  

The second bioeffect is cavitation, which may occur due to an ultrasonic pulse that draws gas 

out of the solution in tissue. The cavitation effect is more concerning with a low frequency (< 100 

kHz) and a pulse mode that is primarily in the imaging application. The bubble radius (R0) can be 

estimated as 

𝑅𝑅0 =
1
𝜔𝜔0

�
3𝛾𝛾𝑃𝑃0
𝜌𝜌0

�1 +
2𝜎𝜎(3𝛾𝛾 − 1)

3𝛾𝛾𝑅𝑅0𝑃𝑃0
��

1
2

                                               (4.5) 

where 𝜔𝜔0 is the operating frequency, P0 is the ambient pressure, 𝜌𝜌0 is the liquid density, 𝛾𝛾 is the 

ratio of the specific heat of the gas within the bubble, and 𝜎𝜎 is the surface tension. For instance, 

the resonant bubble size is approximately 1 to 5 µm for the operation frequency of 3 to 0.5 MHz, 

respectively. Considering various applications of ultrasound in the therapeutic application, the 

FDA regulates the ISPTA to be 720 mW/cm2 for imaging applications since its exposure time is 

usually longer than 500 sec [103], [104]. Other therapeutic applications such as tumor ablation or 

intracranial stimulation use the high intensity focused ultrasound (HIFU) that can have up to 2,000 

W/cm2 for a short amount of time (usually a few tens of seconds) [99], [105], [106]. Based on such 

a total energy-time threshold, the ultrasonic powering architecture present here explores lower-

intensity focused ultrasound (LIFU), whose intensity can go up to 20 W/cm2. To further reduce 

bioeffects, it is operated in a burst mode: bursting 10 cycles of sinusoidal waves (fr = 500 kHz) 

with a duty cycle of 1.4%, which is far below the total energy-time safety limit [103], [104]. 
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4.3 Design of Barium Titanate Platonic Solid for Ultrasonic Powering 

Platonic solids are convex polyhedra with faces made of an equivalent regular polygon [107]. 

There exist five Platonic solids, namely, the tetrahedron, cube, octahedron, dodecahedron, and 

icosahedron. Based on regular triangles, the tetrahedron, octahedron, and icosahedron are 

composed of 4, 8, and 20 faces, respectively. With 6 faces, the cube is the only Platonic solid 

composed of squares. Similarly, the dodecahedron consists of 12 faces of pentagons. With the 

highly symmetric shape, tailoring such three-dimensional structural diversity in the ultrasonic 

receiver can enhance the ultrasonic powering efficiency.  

The higher degree Platonic solids such as the octahedron, dodecahedron, and icosahedron 

increase the probability of aligning the incident ultrasonic waves with the poling direction by a 

factor of their number of faces (8, 12, and 20 faces, respectively). Fig. 4.1(c) illustrates how a 

dodecahedron (as an example) increases such probability. Furthermore, if the projected faces seen 

from the incoming ultrasonic waves are combined as an effective ultrasonic receiving area, those 

higher degree Platonic solids can sustain relatively consistent effective area even under severe 

angular misalignments. Fig. 4.1(d) summarizes the effective area by taking the projected area at 

each angular orientation, which is periodically repeated due to the symmetric form factor. For 

example, the dodecahedron repeats the same effective area every 18˚ while that of the octahedron 

is 30˚. The periodicity of a cube, however, occurs much less frequently at every 45˚. The sphere, 

as a representation of the highest degree of polyhedral, would have an indefinite periodicity.  

 
Table 4.1 Summary of Platonic Solid Receivers Dimensions 

Platonic solid Number 
of faces 

Surface area 
formula 

Dimension 
(mm)* 

Overall 
surface 

area 
(mm2) 

Cube 6 6𝑎𝑎2 a = 5.07 152.22 
Octahedron 8 2√3𝑎𝑎2 a = 6.67 154.14 
Dodecahedron 12 3�(25 + 10�5)𝑎𝑎2 a = 2.73 153.87 
Sphere Inf 4𝜋𝜋𝑅𝑅2 r = 3.5 153.94 

               * a = length of edge, r = radius 
 

To test our hypothesis of the potential omnidirectional powering enabled by geometric effect, 

we choose three Platonic solids in increasing order of rotational symmetry with respect to the axial 
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direction: the cube, octahedron (as the regular triangle representative), dodecahedron, and a sphere. 

We adjusted the dimension of each Platonic solid so that all would have similar overall surface 

areas; the receiver performance would predominantly be determined by the geometrical shapes.  

Table 4.1 summarizes the design of the Platonic solid. The overall surface areas were equated to 

154.04 ± 0.164 mm2 with the radius of the sphere to be 3.5 mm, and an edge length of 5.07, 6.67, 

and 2.73 mm for the cube, octahedron, and dodecahedron, respectively.  

 

 Barium titanate (BaTiO3) is selected as the material for the Platonic solid ultrasonic receiver 

due to processing flexibility, good piezoelectric, and mechanical properties (summarized in Table 

4.2), and biocompatibility. We prepared Platonic solid receiver prototypes, adopting the 

fabrication processes reported in our previous work [111] (Fig. 4.3(a), and Fig. 4.9) (see Methods 

and Materials section for detailed fabrication procedure). Fig. 4.3(b-c) shows SEM images (Quanta 

FEG 250, FEI) before and after the post-processing, showing the morphological change of BaTiO3 

nanoparticles merging into larger micron-sized grains. To obtain information on the crystal 

structures and orientation of BaTiO3, we performed X-ray diffraction (XRD) on the fabricated 

receiver before and after poling (Fig. 4.3(d)) (D8 advance powder XRD, Bruker with Cu-Kα 

radiation (λ = 1.5418 Å, 40 kV, 40 mA), operating in the reflection mode). The diffraction peak 

positions were in good agreement with the literature [112], [113]. The tetragonal phase of BaTiO3 

ceramic was confirmed by the peak splitting at 2θ near 22˚ and 45˚. Furthermore, the enhancement 

Table 4.2 Summary of BaTiO3 Material Properties [108]–[110]  

Properties Symbol Value 

Density (g/cm3) ρ 5.80 

Young’s modulus (GPa) E 67 

Dielectric coefficient ε' 1680 

Electromechanical coupling factor kt 0.26 

Piezoelectric charge constant (pC/N) d33 160 – 350 

Piezoelectric voltage constant (Vm/N) g33 11.4 

Curie temperature (°C) T 120 

Acoustic velocity (m/s) υ 1790 
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of peak ratios of (001)/(100) and (002)/(200) was observed after poling indicating the piezoelectric 

domains are aligned along the poling direction of (001). Note that the same XRD results are 

observed from both axial and radial poled samples. 

 

Figure 4.3. Platonic solid receiver: (a) Fabricated polyhedral ultrasound transducer: cube, 

octahedron, dodecahedron, and sphere. A dodecahedron with an embedded circuit is also shown 

in the right bottom corner. (b) SEM pictures after binding, and (c) after sintering. (d) X-ray 

diffraction pattern: peaks splitting at 22˚ (100/001) and 45˚ (200/002) indicates the 

piezoelectricity due to poling. 

4.4 Omnidirectional Wireless Ultrasonic Powering 

4.4.1 Effect of Poling Directions  

Although the high rotational symmetry of the Platonic solids would permit a higher chance of 

angular alignments between the effective receiving surface and the incident ultrasound, this 

advantage can be mitigated by poling along a single axis. Thus, to take full advantage of the high 

symmetry of Platonic solids enabled by the versatile 3D printing technique, we explore the effect 

of poling directions: a radial or an axial (Fig. 4.4). To enable the radial poling, we hollowed out 

the Platonic solid up to the center and performed poling process; applying a strong electrical field 

(> 1 kV/mm) in a heated silicone oil bath (> 120 ˚C) for over 4 hours (see Methods and Materials 
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for details). Thus, the poling direction is radial spreading from the inner cylindrical surface to the 

outer surface of the Platonic solids corresponding to the radial direction of the cylindrical 

coordinate (Fig. 4.4(a)). Note that the axial poling was done through two parallel planes of 

electrodes (Fig. 4.4(b)). 

 

Figure 4.4. Effect of poling direction: Illustration of (a) radial and (b) axial (traditional) poling, 

(c) measured and simulated resonant frequencies of cube, octahedron, dodecahedron, and sphere. 

Angular response of (d) axially poled cube and (e) radially poled cube; the radial poling improves 

d33 response. 

Firstly, the radial poling affected the resonant frequency, which we measured by driving the 

Platonic solids as a free acoustic source in the distilled water, stimulated by a signal generator (for 

the experimental details, refer to the Methods and Materials section and Fig. 4.10). Fig. 4.4(c) 

summarizes the experimental and simulation results of each Platonic solids. The Platonic solids 

that were poled in an axial direction showed an average resonant frequency of 382.5 ± 58.5 kHz 
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(fr,axial, Cube = 310 kHz, fr,axial, Octahedron = 400 kHz, fr,axial, Dodecahedron = 370 kHz, fr,axial, Sphere = 450 

kHz). Under radial poling direction, these resonant frequencies shifted to a higher region of 497.5 

± 9.6 kHz due to the higher-order resonant vibration modes (fr,radial, Cube = 500 kHz, fr,radial, Octahedron 

= 490 kHz, fr,radial, Dodecahedron = 510 kHz, fr,radial, Sphere = 490kHz). The measured resonant 

frequencies also showed excellent agreement with the finite element analyses shown in Fig. 4.12 

(Multiphysics COMSOL simulations), confirming the successful poling in the radial direction.  

Next, the advantage of radial poling for omnidirectional powering is validated. The voltage 

outputs from two identical cubical transducers but one with axial poling and the other with radial 

poling were measured at different misalignment angles (Fig. 4.4(d-e)); The normalized polar plot 

clearly demonstrates the advantage of radial poling over axial poling. While the stiff decrease in 

the open circuit voltage (Voc) is observed in the axially poled transducer especially pronounced 

around 90º (Fig. 4.4(d)), the voltage output from the radially poled transducer is more resilient 

under angular misalignments (Fig. 4.4(e)).  

 

Figure 4.5: Angular responses of different radially poled Platonic solids: a) The calculation setup; 

b) the decomposition of radial poling into axial poling vectors; c) theoretical calculation rational; 

d-f) Polar plots for normalized angular response of cube, octahedron, and dodecahedron, 

respectively; g) The theoretical angle average voltage response. 

This dramatic enhancement in omnidirectionality is clearly due to the radial poling. Briefly, 

the induced charge density at the surface of the electrode is related to the stress by piezoelectric 
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coefficients. Neglecting the shear components, we can formulate the induced surface charges by a 

single plane whose surface normal vector is at angle 𝜃𝜃 with respect to the incoming ultrasound 

(Fig. 4.5). Summing the accumulated charges on all surfaces, we can estimate the output generated 

by the piezoelectric Platonic solids as 

𝑄𝑄 = ∑𝐴𝐴0𝑇𝑇𝑅𝑅𝑣𝑣𝑇𝑇𝜃𝜃𝑖𝑖�𝑑𝑑33�cos�180 − (𝛼𝛼𝑖𝑖 − 𝜃𝜃𝑖𝑖)� |+𝑑𝑑31|𝑇𝑇𝑅𝑅𝑇𝑇�180 − (𝛼𝛼𝑖𝑖 − 𝜃𝜃𝑖𝑖)���

= ∑𝐴𝐴0𝑇𝑇𝑅𝑅𝑣𝑣𝑇𝑇𝜃𝜃𝑖𝑖𝑑𝑑𝐷𝐷𝑒𝑒𝑒𝑒𝑖𝑖                                                                                             (4.6) 

, where A0 is an effective area, 𝛼𝛼 is a poling direction determined by the geometry of the Platonic 

solids, T is the acoustic intensity of the incident wave, and deff is the effective piezoelectric 

coefficient enabled by the Platonic solid geometric effect. The validity of the theoretical 

calculation is confirmed by the excellent qualitative and quantitative agreements with the 

measurements (Fig. 4.4(d-e) and Fig 4.5). Overall, the angle-averaged radially poled cube output 

is about 40% while that of the axially poled cube is only about 20% (Fig. 4.4(d-e)).  

Having established the advantage of the radially polarized Platonic solids, now we proceed to 

discuss the effects of the degree of rotational symmetry on omnidirectionality. To evaluate the 

enhancement in the omnidirectionality by the introduction of the higher order of rotational 

symmetry, the BaTiO3 Platonic solids were excited by focused ultrasound at various misalignment 

angles (see Methods and Materials and Fig. 4.11(a-c) for detailed experimental setup). With the 

Platonic receiver placed 7.5 cm away from the transducer (focal zone), the ultrasonic transducer 

was operated with 10-cycles of sinusoidal signals that are amplified through an RF amplifier (fr ~ 

502.5 kHz; duty cycle = 1.4 %, ISPTA = 1.3 W/cm2). This fixed the direction of the incoming 

ultrasound to the x-direction. The waveform shown in Fig. 4.11(d) confirms the input signal (on 

the left) and received signal (on the right); the time delay (~ 48 µs) also indicates the 7.5 cm in the 

distance between the transducer and receiver. A Platonic solid receiver is then modulated for 

comprehensive studies of alignment degrees of freedom. 

The voltage outputs measured at different axial angles clearly validated the omnidirectional 

ultrasonic powering of higher order Platonic solids (Fig. 4.6). The cube showed significant voltage 

losses at 45˚, 135˚, 225˚, and 315˚ when one of the edges is exposed to the incoming waves; the 

minimum output showed 75% reduction compared to its maximum output (VCube, max = 1.07 V, 

VCube, min = 0.27 V) (Fig. 4.6(a)). The octahedron showed a similar amount of voltage drops at the 
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edges; however, it generally exhibited the highest voltage output more often due to its higher 

periodicity of 30˚ (Fig. 4.6(b)); note that we repeated the measurement of 140˚ to create the polar 

plot due to the extruding electrical contact at one side of the octahedron). Furthermore, the 

maximum reduction in the voltage output was slightly less than 68% of its maximum output 

(VOctahedron, max = 2.22 V, VOctahedron, min = 0.71 V).  The results clearly show that the Platonic solids 

with the higher order of symmetry significantly improved angular response. The improvement was 

even more prominent in the dodecahedron that has 12 faces with symmetricity every 18˚; almost 

consistent voltage outputs were observed across all angles (VDodecahedron, max = 4.17 V, VDodecahedron, 

min = 2.95 V) (Fig. 4.6(c)); to obtain the polar plot, the measurement data was drift-compensated) 

with only a moderate output voltage reduction (29 %). Lastly, the sphere shows almost 

omnidirectional powering (Fig. 4.6(d)). However, the overall voltage outputs were only 

comparable to that of the octahedron (VSphere, max = 2.11 V). It is because the curved surface of the 

sphere may have caused the incoming ultrasonic waves to graze off the surfaces reducing the 

harvesting capability. We also observed the minimum voltage, VSphere, min, of 1.53 V, which is a 27 

% drop compared to the maximum likely due to the sample imperfection. Based on the 

misalignment study, we could conclude that the dodecahedron can deliver a relatively higher 

power output with excellent omnidirectional responses.  

4.4.2 I-V Characterizations 

The current-voltage (I-V) characteristics (Fig. 4.6(e)) and power density (Fig. 4.6(f)) of all 

Platonic solid receivers were measured with various resistive loads. As expected, we observed that 

the dodecahedron could produce the highest power output (16.8 mW; η = 4.90 %); Pout, cube = 2.5 

mW (η = 0.73 %), Pout, octahedron = 6.8 mW (η = 1.98 %), and Pout, sphere = 6.7 mW (η = 1.95 %). 

Although power transfer efficiencies (η) are low, given the small receiver dimensions and the long 

power transfer distance, the powering efficiency likely outperforms inductive powering [94]. Here, 

we note that the capacitances of the radially poled Platonic solids were about one order of 

magnitude greater than those of axially poled ones (average CAxial was 22.26 pF and average CRadial 

was 272.21 pF, measured with an impedance analyzer (E5061B, Keysight)); thus, for the same 

voltages, the overall power generated from the radially poled Platonic solids are much greater than 

the axially poled ones. Considering the millimeter scale, true omnidirectional operation, and lead-
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free, the reported radially poled Platonic solids indeed outperform our previous results and others 

(Table 4.3). 

 

Figure 4.6. Orientation misalignment response of Platonic solid receiver: (a) cube (capacitance 

= 276.2 pF), (b) octahedron (capacitance = 207.0 pF), (c) dodecahedron (capacitance = 329.31 

pF), and (d) sphere (capacitance = 284.29 pF). Overall, a dodecahedron exhibited 

omnidirectional orientation with superior power transfer efficiency. (e) Measured I-V 

characteristics and (f) its associated power density. 

4.4.3 Spatial Characterizations  

In this study, we employed focused ultrasound (FUS) to operate the Platonic solids receiver. 

FUS naturally delivers higher intensity to the specific focal zone, 𝐹𝐹𝑧𝑧 = 𝑁𝑁𝑆𝑆𝐹𝐹2[ 2
1+0.5𝑆𝑆𝐹𝐹

], where SF is 

normalized focal length (= F/N). Fig. 4.7(a) depicts the measured output voltages from Platonic 
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solids with respect to the depth. As expected, the outputs were significantly higher near the focal 

zone (7.5 cm) and then rapidly dropped. However, the dodecahedron could sustain the acceptable 

voltage output (~ 1 V) up to ~ 11 cm, which is 11.5 dB higher than other Platonic solids. The 

voltage outputs in response to different input intensities were also measured. Fig. 4.7(b) shows the 

voltage output as a function of the input intensity. As expected, the dodecahedron delivers a much 

higher voltage (~ 8V) at 20 W/cm2 of the ultrasonic intensity compared to other Platonic solids. 

However, the input intensity shall be carefully controlled with the time duration due to the potential 

bioeffect [103]. 

 

Figure 4.7. Ultrasonic powering performance of Platonic solids: (a) operation depth; (b) input 

intensity responses; (c-d) operation depth and offset depend on the type of ultrasound: focused 

ultrasound and regular ultrasound. 

While such operation depth is sufficient for most applications, it could be further extended 

using a regular ultrasound, which can supply moderate ultrasonic intensity over the long-distance, 

determined by the near field distance N (= 𝐷𝐷2/4𝜆𝜆), where D is the transducer diameter, and λ is 

the wavelength of the operating frequency). Fig. 4.7(c) shows the difference between FUS and 

regular ultrasound. The FUS induces almost 2.2 times higher voltage output at its focal zone, while 

the regular ultrasound provides moderate performance over the long-distance (> 30 cm).  
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The offset misalignment is another important factor for wireless ultrasonic powering. It is 

predetermined by the beam diameter, which is associated with 1.02𝐹𝐹𝑅𝑅/𝑓𝑓𝐷𝐷, where F is the focal 

length, c is the material sound velocity (~ 3,800 m/s for FUS transducer that uses PZT as a 

piezoelectric element), and D is the diameter of the transducer. With the dodecahedron, the 

measured offset misalignment indicated that the transverse beam could cover up to 2 cm using a 

5-cm diameter FUS transducer and 4 cm using a 3-cm diameter planar US transducer (Fig. 4.7(d)). 

The results indicate that the FUS transducer may require an imaging instrument to precisely deliver 

the power. Alternatively, the planar US transducer could cover a much larger region of operation 

despite the relatively lower power transfer.  

4.4.4 Radially Poled Platonic Solid for Implantable Micro Light Source 

 

Figure 4.8. Demonstration of Platonic solid as an implantable micro light source (µLight): (a) 

Design of µLight that contains electronics in the concentric void of the Platonic solid; (b) blue 

LED testing in a water bath in vitro; (c) ultrasonic imaging after the implantation; and (d) during 

operation (incoming ultrasonic waves from the FUS transducer can be seen under the imaging); 

(e) a picture of porcine tissue during implantation; (f) red LED light irradiance from the Platonic 

solid through the porcine tissue. 

We have discussed the advantages of radially poled Platonic solids with high rotational 

symmetry, which could drastically improve the ultrasonic powering through higher symmetry in 

its shape in terms of omnidirectionality and superior power conversion efficiency. In this section, 

we discuss a seamless packaging application using the radially poled Platonic solid ultrasonic 

receiver, which can potentially address outstanding challenges in developing implantable devices 

- powering and packaging. As previously discussed, we utilized the concentric cylindrical void for 
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the radial poling. The void can also double as the compartmental space for circuitry to enable the 

radially poled Platonic solid as a packaging material for the small implants in addition to serving 

as the power source. Therefore, a barium titanate shell is especially suitable since it offers excellent 

biocompatibility and mechanical properties [112], [114]. Lastly, the 3D printability of the receiver 

presented in our work allows the customization of the dimensions of the Platonic solid packaging. 

As a proof-of-concept, we fabricated an implantable micro-light source (µLight), which we 

developed to deliver light to deeply seated tumors for PDT (photodynamic therapy) [93]. To 

demonstrate the Platonic solid-packaged µlight device, we first fabricated a radially poled Platonic 

solid receiver, which offers the combination of omnidirectionality and high-power output. An LED 

and the powering circuitry were then placed inside the cylindrical void of 2 mm in diameter and 2 

mm in height (Fig. 4.8(a)).  The overall dimension of the device was 155 mm3 in volume, small 

enough to fit into a 10-gauge biopsy needle. In Fig. 4.8(b), the ultrasonic excitation of the 

implantable light source is shown; the external transducer was set to generate the spatial peak 

temporal average intensity (ISPTA) of 15 mW/cm2. The bright LED illumination was observable. 

We tested blue (465 nm) and red (625 nm) LEDs to demonstrate the versatility.  Notably, the µlight 

could deliver robust light irradiance regardless of the transducer-receiver orientation.  

We also tested the µLight using ex vivo porcine tissue. For the ex vivo validation, the µlight 

was implanted in the porcine tissue by first creating a small puncture using a biopsy needle (10G, 

diameter = 3.4 mm) (Fig. 4.8(e)). The device was then pushed into the focal point of the focused 

ultrasound. The position of the μlight was confirmed by the ultrasonic imaging system as shown 

in Fig. 4.8(c-d) (iQ+, Butterfly Network Inc.). At the implantation site, we delivered the focused 

ultrasound with the ISPTA of 15 mW/cm2 with ~ 2% duty cycle (bursting 10 cycles of 500 kHz 

sinusoidal signal for 1 millisecond).  We observed clear illumination of the LED (Fig. 4.8(f)). We 

note that while we were able to place the µlight at the focal point of the ultrasound, the angular 

alignment was left at random. Thus, the successful operation of the μlight in porcine tissue is 

another validation of the omnidirectionality enabled by the radially poled Platonic solids.
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  Table 4.3. Comparison of This Work to Other Ultrasonically Powered Implantable Medical Devices 

Ref Material Form factor Freq. 
[MHz] Tx [mm] Rx [mm] PRx 

[mW] η [%] Contribution 

[115] PZT Cube 1.85 6 mm OD 0.75×0.75×0.75 0.12 25% Biopotential recording using ultrasound modality 

[116] PZT Cube 1.78 12.7 mm OD 0.8×0.8×0.8 0.038 - Neural recording implant powered by ultrasound 

[117] PZT Rectangular 0.4 - 3.5×6.5×1.5 0.01 - Ultrasonically activated physiological monitoring 
system 

[118] PMN-PT Rectangular 0.95 - 0.9×0.9×0.5 0.125 - Duplex ultrasonic powering and communication for 
implantable devices 

[119] PVDF Rectangular 3.2 15 mm OD 0.2×0.2×1 1.0 0.1 Ultrasonic powering through plastic packaging using 
pMUTs. 

[120] BaTiO3 Rectangular 1.314 39 mm OD 1.65×1.65×1.5 3.0 0.04 Wireless electrical stimulation of peripheral nerves 

[121] PZT-
pMUT Rectangular 0.088 12.8 mm OD 2×2×0.04 0.23 0.32 

Angular and orientation misalignment sensitivity study 
in power harvesting using ultrasound for biomedical 
implants 

[122] PZT Rectangular 8.3 192 element, 
0.2×0.2 0.3×0.3×0.267 0.8×10-

6 - Ultrasonically powered sub-1-nW device for in vivo 
temperature measurement 

[123] PMN-PT Rectangular 0.97 32 element, 
1.6×0.5×1.44 0.9×0.9×0.5 - - Closed loop multi-access networking for medical 

implants using ultrasound 

[124] PZT Rectangular 1.0 19 mm OD 1.08×1.08×1.44 0.4 - In vivo study of ultrasonically powered implants 

[125] PMN-PT Rectangular 1.0 20 mm OD 0.3×0.3×0.5 to 
1×1×0.5 3 1.93 Study on end-end ultrasonic power transfer efficiency 

for sub-millimeter medical implants 
This 
work 

BaTiO3 

Cube 

0.5 44 mm OD 

5.07×5.07×5.07 2.5 0.73 

3D printed platonic, lead-free piezoelectric transducer 
for improved omnidirectionality and power transfer 
efficiency 

This 
work Sphere 3.5 (radius) 6.7 1.95 

This 
work Octahedron 6.67 (edge 

length) 6.8 1.98 

This 
work Dodecahedron 2.73 (edge 

length) 16.8 4.9 
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4.5 Methods and Materials 

4.5.1 Fabrication of the Barium Titanate Platonic Receiver 

 

Figure 4.9. Fabrication process: (a) PVDF biner added to DMF solution, (b) BaTiO3 

nanoparticles added, (c) 3D extrusion printing of Platonic solids, (d) evaporating DMF in oven, 

(e) debinding and sintering in a tube furnace, (f) poling, and (g) assembling electronics. 

Fig. 4.9 shows the fabrication process. First, the binder solution containing polyvinyl fluoride 

(PVDF; Alfa Aesar) and N, N′ dimethylformamide (DMF; Thermo Scientific) with a 1:8.8 weight 

ratio is prepared in a heated water bath (temperature = 80 ˚C) (Fig. 4.9(a)). PVDF is slowly 

dissolved into the DMF solution by gently stirring the mixture for at least 15 minutes. When the 

PVDF was completely dissolved, BaTiO3 nanoparticles (size = 500 nm; US research 

nanomaterials) are slowly added until the weight ratio of BaTiO3 to PVDF/DMF becomes 3.345:1 

(Fig. 4.9(b)). During the mixing, any clumps are removed by continuous stirring. The mixture is 

then loaded into a custom-made 3D extrusion printing syringe (10 mL with 600 µm nozzle) for 

3D printing Platonic solid shapes (Fig. 4.9(c)). After the 3D printing, Platonic solids are baked in 

an oven (AccuTemp‐09, Across International) for 2 hours at 120 °C to evaporate any residual DMF 

on surfaces (Fig. 4.9(d)). To explore the effect of poling direction, especially the radial poling, one 

group of Platonic solids are modified by creating a concentric void on one face. Note that this 

concentric cylindrical void can be a compartmental space for circuitry, providing seamless 

packaging. The Platonic solids are then post-processed through debinding and sintering (Fig. 
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4.9(e)). The debinding process refers to the thermal removal of DMF additives. The sintering 

process forms a bulk piezoelectric material. They are done sequentially in a tubing furnace (GSL-

1600X, MTI Corporation, USA). The debinding is done at 650 °C for 1 hour (ramp rate = 5 

˚C/min), followed by the sintering at 1,125 ˚C for 3 hours (ramp rate = 5 ˚C/min). After the 

sintering, randomly oriented electric dipoles within the Platonic solids are aligned (Fig. 4.9(f)) 

using the poling process.  

For the radial poling, Platonic solids with concentric void receive one electrode throughout the 

surface, and another electrode inside of the void by depositing a thin layer of silver epoxy (8331, 

MG Chemical, USA). For the axial poling, the electrodes were placed on a pair of parallelly faced 

surfaces, exception of the sphere; electrodes are separated by a 1-mm gap for the sphere transducer. 

The poling is done using a high-voltage DC supply (230-30R, Spellman, USA) paired with a 

custom-made poling stage. The poling stage has a bottom copper plate and a spring-loaded needle 

connector from the top to make firm contact with the electrodes on the Platonic solids. The whole 

stage is submerged in a silicone oil bath to prevent any electrical conduction through ionized air 

due to a high-density electric field. The silicone oil bath is then heated up to 120 °C (near Curie 

temperature of BaTiO3) and an electric field (> 1.0 kV/mm) was induced across the Platonic solids 

for 2 hours. Lastly, a miniaturized electronic (e.g., a rectifier circuit and an LED) is placed inside 

the radial poling Platonic solids and completes the circuit (Fig. 4.9(g)). For secure packaging, a 

droplet of epoxy glue can be added to the void. 

4.5.2 Experimental Setup for Resonant Frequency Study 

 

Figure 4.10: Experimental setup for the resonant frequency study 
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Fig. 4.10 shows the setup for the resonant frequency study. For the resonance frequency 

experiment, the Platonic solids were held by a fixture in a distilled water tank and excited by a 

signal generator. A sinusoidal signal with various frequencies from 0 to 1 MHz was applied to the 

Platonic solid through a wideband RF amplifier (1040L, ENI Inc.). The acoustic waves generated 

from the Platonic solids were then captured using a fiber-optic hydrophone (FOH-64, Precision 

Acoustics, UK). 

4.5.3 Experimental Setup for Ultrasonic Powering 

 

Figure 4.11: Ultrasonic powering characterization: (a-c) experimental setup and (d) example of 

input and output waves. 

Fig. 4.11 shows the experimental setup for the rest of the experiments, including orientation 

misalignment, operation depth, offset, and intensity responses. In distilled water that mimics the 

soft tissue in terms of acoustic impedance (~ 1.5 MRayl [126]), a focused ultrasound transducer 
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(TXH-0.67-75, Precision Acoustics, UK) or a planar ultrasound transducer (TXH-500-45, 

Precision Acoustics, UK) was submerged on the one end. A Platonic solid was then attached to a 

fixture and submerged on the other ends. Using a manipulator (LaserBot, Makeblock) that allows 

XY movements, we introduced the Platonic solids at various distances and measured operation 

depth, offset, and intensity responses. Note that Z-axis movement was omitted as the offset study 

is expected to be the same. For the orientation misalignment study, we added a custom-made 

rotational platform to the manipulator (Fig. 4.11(c)), which could rotate the platonic solids with a 

3˚ angle resolution. 

4.5.4 Finite Element Analysis (COMSOL Simulation Results) 

 

Figure 4.12: COMSOL simulation: axial and radial poling clearly redistribute the stress, 

thereby shifting the resonant frequency. 

3D finite element simulation (frequency domain analysis, 100k Hz to 1 MHz) was performed 

in COMSOL Multiphysics (ver. 5.2) software to verify the resonance frequencies. The geometrical 

shapes were drawn in Fusion 360 (Autodesk) and the 3D models were imported to the simulation 

environment. The geometries were modeled as BaTiO3 (both axial and radial poling). The solid 
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mechanics module in the simulation computed the stress distribution in the solids due to the 

incident load, and the electrostatics interface computed the electric displacement field as well as 

the potential distributions. The input load (206.6 kPa) during the simulation was kept the same as 

the incident pressure induced by the acoustic wave during the physical experiments. 

4.6 Remarks 

In this chapter, we presented a 3D printed barium titanate Platonic solid ultrasonic receiver as 

an enabling factor for omnidirectional ultrasonic powering, which has the potential to be a 

translational solution for many implantable devices such as for the totally implantable microsystem 

platform (TIMP). The combination of radial poling and highly symmetric transducer geometry 

was explored as an omnidirectional ultrasonic receiver. Our work showed the Platonic solids that 

have a highly symmetric geometry could increase the probability of receiving ultrasonic waves 

coming in from any random direction. When the radial direction poling is paired, the Platonic 

solids exhibited superior power transfer efficiency with true omnidirectionality. Additionally, the 

Platonic solids with the concentric cylindrical void that was created for the radial poling could be 

utilized as a seamless packaging for circuitry, addressing outstanding challenges in developing 

implantable devices in powering and packaging.  
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CHAPTER 5 

SUMMARY AND FUTURE RESEARCH 

5.1 Summary and Conclusion 

In this dissertation, we reported a totally implantable medical device platform and 

demonstrated its working mechanism. We elaborately discussed omnidirectional piezoelectric 

powering and in-depth research on communication performance using magnetic resonance 

coupling. Despite these encouraging results, we identify further studies and development 

opportunities for the clinical application of the device. Firstly, the long-term risk of the TIMP 

device is yet to be investigated and is the subject of our future studies. For example, we identify 

that the TIMP operation can generate oxygen, hydrogen, phosphorus, and chlorine. The presence 

of some increased hydrogen ions is not uncommon in the body as it is regularly produced by body 

metabolic processes and excreted through the kidney or buffered [127]. Phosphorus is a useful 

mineral that is already present in the biological system in the form of phosphate. The chlorine 

could become a risk, but we will suppress chlorine systematically by the charge-limited pulse 

electrolysis method. In addition, physical implantation is still required and limits its clinical 

application to the tumor (or disease) location. It should be mentioned that the oxygen generation 

probe is connected to the main board using two wires and can be extended as needed. The 

dimension of the overall device could also be minimized in future revisions. Lastly, the use of the 

device may be limited to certain types of cancers and only be recommended by a physician if 

having localized oxygen delivery would have any beneficial impact. 

Nevertheless, the presented TIMP is the first report in our knowledge on a totally implantable, 

remotely controllable, real-time, in situ oxygen delivery system with high precision. It could be 

beneficial in certain circumstances where a hypoxic tumor within a reachable depth needs 

oxygenation to enhance the other cancer treatment. 

5.2 Future Planned Research 

5.2.1 Improvement of the device platform 

Future work will include improving the design for enhanced biocompatibility and long-term 

in vivo experiments. Additionally, TIMP main board electronics can have more diverse 
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applications by integrating different sensor components besides the oxygen generation module. 

For example, in the future, we plan to integrate oxygen (O2) and carbon dioxide (CO2) sensors. An  

O2 sensor will enable us to continuously monitor blood oxygen levels and an O2 generating probe 

can be used to infuse additional O2 if required. Similarly, the addition of CO2 sensors can be useful 

to monitor blood gases. Higher CO2 levels in the bloodstream can indicate various abnormalities 

in the human body. Adding this modality will be useful for physicians to take preventive decisions 

in the future. 

5.2.2 Additional Sensing Modalities: Integration of Smart Stent  

5.2.2.1 Use of MR Coupling with Smart Stent 

 
Figure 5.1. Smart stent with MR coils to monitor endovascular vitals. 

Endovascular aneurysm repair (EVAR) is an established and reliable surgical treatment of 

abdominal aortic aneurysm (AAA), where a covered stent is implanted to prevent blood flow in 

the aneurysm sac. Although current EVAR is an effective technique, it requires long-term 

monitoring for post-operative complications (e.g., endoleak, stent occlusion), which usually 

requires expensive radiologic imaging techniques such as ultrasonography, computed tomography 

(CT), or magnetic resonance imaging (MRI). We envision the possibility of an accessible and 

continuous post-EVAR surveillance scheme by developing a smart stent that features a variety of 

MR coils to be used for MR communication. The MR communication will enable the smart stent 

to transmit pressure or blood flow-related information from the aneurysm sac to the totally 

implantable microsystem platform (TIMP). And the TIMP will pass that information to an external 

receiver system. Cavallari et al. extensively discussed RF communications in wide area network 
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(WAN) applications for both in-air and through the body [128]. RF communications do not work 

well in the largely aqueous body environment due to high tissue absorption [129]. Based on our 

investigation reported in the previous chapters, we believe that the use of MR for communication 

will be the most viable for the proposed smart stent. Fig. 5.1 shows an illustration of the proposed 

method.  

The key attribute of MR coupling is its better penetration performance (i.e., low absorption) 

than RF through materials that are challenging for RF, such as those with aqueous content or 

involving a lot of clutter. As such, the US Food and Drug Administration (FDA) classified 

magnetic induction as a non-significant risk (NSR) technology as it has no human safety risks [9]. 

There is also an IEEE standard (1902.1) that specifies NFMI technology called RuBee (http://ru-

bee.com) operating in the low-frequency range of 30-900 kHz [130] and “RuBee tags” (which 

work like RFID) are already available. While this frequency may be inappropriate for implantable 

devices, the higher 13 - 15 MHz frequency with a near-field range of a few meters is quite popular 

and appropriate. 

Magnetic induction in MR communication allows the transfer of energy between two adjacent 

LC circuits (each consisting of a coil with inductance 𝐿𝐿 and a capacitor with capacitance 𝐿𝐿) tuned 

to the same frequency, given by 𝑓𝑓 = 1/(2𝜋𝜋√𝐿𝐿𝐿𝐿). It is a near-field technology (i.e., the distance 

between transmitter and receiver is limited to λ/6, where 𝜆𝜆 is the wavelength). At the resonant 

frequency, the energy transfer is characterized by the 𝑄𝑄 (quality) factor, defined as the ratio of 

energy stored in 𝐿𝐿 (or 𝐿𝐿) and the energy loss due to the resistance 𝑅𝑅 in the path. For example, in a 

simple series 𝐿𝐿𝐿𝐿 circuit, 𝑄𝑄 = √𝐿𝐿 ⁄ (𝑅𝑅√𝐿𝐿). Note that although a small 𝑅𝑅 yields a large 𝑄𝑄, it implies 

not only a large current (high-power consumption) but also a limited bandwidth for data.  

5.2.2.2 Sensing Mechanism with Smart Stent 

We propose a hemodynamic-in, MR-out scheme. Fig. 5.2 illustrates the operation principle 

that will occur in two phases: charging and radiation. The porous piezoelectric membrane (PVDF) 

will vibrate at its eigenfrequencies and generate an electrical potential under systolic blood 

pressure (the highest pressure). As the high overtones fade out, the generated electrical potential 

will dissipate through the coil, inducing a magnetic flux.  
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Figure 5.2. MR-mediated biotelemetry in Smart stent: the threshold is the blood pressure above 

which the PVDF membrane vibrates to store energy. The energy then radiates the signal at 

diastolic pressure using the MR coupling. 

Then the self-powered wireless sensing system (smart stent) will use instantaneously generated 

power to transmit a short signal using MR coupling. This operation principle is significantly 

different than other systems in which power is required to operate internal circuitry, including 

amplifiers, AD converters, oscillators, etc. For the latter systems, the efficiencies achieved using 

a self-powered sensor might not be adequate unless the system is designed for ultra-low power 

operation. In our proposed approach, the received power is adequate to radiate the signal using 

MR coupling associated with the measured physiological parameter (blood pressure and flow in 

our case). 

        

Figure 5.3. (a) Frequency coding using coil dimension, and (b) anticipated spectra of MR signals 

corresponding to pressure variations. 

MR communication utilizes an LC circuit, which induces magnetic flux when energized [131]. 

Thus, we will need to incorporate coils (i.e., an inductor with parasitic capacitance) on the porous 

piezoelectric membrane. The design of the coil will be optimized to achieve the high-quality factor 

(a) (b) 

Induced 
MR signals 
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by exploring the coil geometry for higher inductance and low resistance and thereby improving 

the overall efficiency. We will enable multiple carrier frequencies by designing different sizes and 

shapes of the coil (Fig. 5.3 (a)). The benefit of such ‘frequency coding’ is spatial sensing: we will 

be able to identify the location of the abnormal blood flow and pressure by correlating it to these 

carrier frequencies (Fig. 5.3 (b)). For example, we will have three different sizes of coils that have 

inductance values of 0.6, 0.8, and 0.9 µH [132]. With parasitic capacitances (e.g., 0.25, 0.16, and 

0.12 nF, respectively), the coil will form a series of LC tanks with distinctive resonant frequencies 

(e.g.,  f ~ 13, 14, and 15 MHz). 

 It is apparent that the research work carried out during my doctoral program has unfolded 

several opportunities for developing and improving implantable medical device (IMD) platforms. 

Further studies and validation of the work proposed here will be beneficial to humankind for a 

better and healthy future.   
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APPENDIX 

LIST OF ABBREVIATIONS 

3D 3-Dimensional 

AAA Abdominal Aortic Aneurysm 

A/D  Analog to Digital 

AGC Auto Gain Control  

AWG American Wire Gauge 

BaTiO3 Barium Titanate 

BER Bit Error Rate 

CC Capacitive Coupling  

CI Confidence Interval  

CT Computed Tomography  

CW Continuous Wave 

DC Direct Current  

DMF N, N′ Dimethylformamide  

EM Electromagnetic  

EMF Electromotive Force 

EQS Electro-Quasistatic 

EVAR Endovascular Aneurysm Repair 

FDA Food and Drug Administration  

FUS Focused Ultrasound 

GC Galvanic Coupling  

GFSK  Gaussian Frequency-Shift Keying 

HBC  Human Body Coupling 

HBOT Hyperbaric Oxygen Therapy  

HIFU High Intensity Focused Ultrasound 

IBNet Intra Body Network 

IC Integrated Circuit 
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IEEE Institute of Electrical and Electronics Engineers 

IMD Implantable Medical Device 

IRB Institutional Review Board 

ISM Industrial, Scientific, and Medical 

ISPTA Spatial Peak Temporal Average Intensity 

KLM Krimholtz, Leedom, and Matthae 

LC Inductive (L) - Capacitive (C) 

LED Light Emitting Diode 

LIFU Lower Intensity Focused Ultrasound 

MEMS Microelectromechanical Systems  

MI Magnetic Induction 

MOSFET  Metal-Oxide-Semiconductor Field-Effect Transistor 

MR Magnetic Resonant 

MRI Magnetic Resonance Imaging  

MTJ Magnetic Tunnel Junction  

NFMI Near-Field Magnetic Induction 

NMOS  Negatively Doped Metal Oxide Semiconductor 

NSR Non-Significant Risk 

OD Outer Diameter 

OLED  Organic Light Emitting Diode 

PBS Phosphate-Buffered Saline 

PDT Photodynamic Therapy  

PER Packet Error Rate 

PMN-PT Lead (Pb) Magnesium (Mg) Niobate (Nb) – Lead (Pb) Titanate (Ti) 

pMUT Piezoelectric Micromachined Ultrasonic Transducers 

PSA Pressure Sensitive Adhesive  

PVDF Polyvinylidene Fluoride 

PWM  Pulse Width Modulation 

PZT Lead (Pb) Zirconate (Zr) Titanate (Ti) 
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SEM Scanning Electron Microscope 

SNORT  Stabilized Neutral Orthotolidine 

RC Resistive-Capacitive 

RF  Radio Frequency 

RFID  Radio Frequency Identification 

RSSI Received Signal Strength Indicator  

Rx Receiver 

TIMP Totally Implantable Microsystem Platform  

Tx Transmitter 

US Ultrasound 

UV-VIS  Ultraviolet and Visible 

VNA Vector Network Analyzer  

WAN Wide Area Network  

WPT Wireless Power Transfer  

XRD X-Ray Diffraction  
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