
 
 
 
 
 
 
 
 
 

WIRELESS POWER TRANSFER TO MM-SCALE BIOMEDICAL IMPLANTS 

 
 
 

by 
 

Erik John Andersen 
 
 
 
 

A dissertation submitted to the faculty of 
The University of Utah 

in partial fulfillment of the requirements for the degree of 
 
 
 
 

Doctor of Philosophy 
 
 
 
 

Department of Mechanical Engineering 
 

The University of Utah 
 

August 2022 
 
 
 
 
 
 
 
 



 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 

Copyright © Erik John Andersen 2022 
 

All Rights Reserved 
 



 
 

 

T h e  U n i v e r s i t y  o f  U t a h  G r a d u a t e  S c h o o l  
 
 
 

STATEMENT OF DISSERTATION APPROVAL 
 
 
 

The dissertation of Erik John Andersen 

has been approved by the following supervisory committee members: 

 

Shadrach J. Roundy , Chair July 20, 2022 

 
Date Approved 

Jake J. Abbott , Member July 20, 2022 

 
Date Approved 

Stephen A. Mascaro , Member July 20, 2022 

 
Date Approved 

Roseanne Warren , Member July 20, 2022 

 
Date Approved 

Berardi Sensale Rodriguez , Member July 21, 2022 

 
Date Approved 

 

and by Bruce K. Gale , Chair/Dean of  

the Department/College/School of Mechanical Engineering 
 

and by David B. Kieda, Dean of The Graduate School. 



 

 

 

 

ABSTRACT 

  

Biomedical implantable devices are a powerful tool for treatment of various 

ailments. However, biomedical implants' usefulness is limited by their requirement to 

devote a large percentage of their  volume to energy storage. Wirelessly powering the 

implant enables for the removal or reduction of the implant's battery, allowing for device 

miniaturization. Smaller wirelessly powered implantable devices can be installed using 

minimally invasive surgery, are more conducive to high patient quality of life, and do not 

need to be removed to recharge their battery. This dissertation will explore the challenges 

and potential solutions to optimally wirelessly power mm-scale biomedical implants.  

This dissertation will first explore the relationship between operating frequency 

and power transfer for weakly coupled resonant inductive coupling (RIC) and 

magnetoelectric (ME) WPTS. The operating frequency of the WPTS is important because 

of the B-field exposure safety standards that must be followed. These safety constraints 

prevent delivering more power to the receiver by increasing the power in the transmitter.  

To ensure that the receiver has adequate B-field to power the biomedical implant, 

we develop an optimal design process for maximizing the B-field at the receiver while 

adhering to B-field safety, transmitter size, and power constraints. This design process 

was used to build a RIC WPTS for a biomedical knee stability sensor that can deliver 997 

mWs at 10 cm.  

Another potential problem when wirelessly powering biomedical implants is the 
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potential misalignment between the transmitter and receiver. We develop a novel 

approach to counteract misalignment and increase the efficiency of a WPTS using a 

dynamic transmit coil. The dynamic transmit coil uses servo motors to alter the 

directionality of the transmitted B-field by actuating the transmit coil.. We build a 

rotational dynamic transmit coil that increases the power transferred to a misaligned ME 

receiver by a factor of 2.2. 

Finally, we build and characterize a small biomedical temperature sensor that uses 

a 12 x 5 x 1 mm3 self-biased ME receiver. Our device can successfully read and transmit 

sensor data via Bluetooth radio and outperforms other ME WPTS built for biomedical 

implants when normalized by device volume and B-field 

.  
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CHAPTER 1 
 
 
 

1.                   INTRODUCTION AND MOTIVATION 

 
 

1.1 Wireless Power Transfer to Biomedical Implants 

Nikola Tesla demonstrated the ability to transfer electrical power through the air 

at the turn of the 20th century. Famously, he envisioned a world where we would use the 

earth as a giant conduit to wirelessly power the world's electrical consumption needs. 

However, it would take about another century before Soljacic would demonstrate a 

resonant inductive wireless power transfer system (WPTS) that powered a light bulb 

across a 2-meter gap [1]. Stemming from this experiment in 2007 research into wireless 

power transfer exploded because of both the new and improved electrical components 

and tools and because of the vast array of small low powered smart devices (coincidently 

2007 was also the first release of the iPhone) that have become ingrained in modern day 

society which are suited for wireless power transfer.  

An example of a modern-day invention seemingly ideally suited for wireless 

power is implanted biomedical devices. Implantable biomedical devices are used to treat 

a variety of ailments, from glucose sensing for diabetics to treating sleep apnea. 

However, a significant drawback to these implants is their relatively large size, which can 

cause patient discomfort and limit the areas in the body in which they can be implanted. 

For example a Boston Scientific ACCOLADE Pacemaker L301 is 5 x 4.5 x 0.8 cm3 [2].  
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Because implants are inaccessible except via surgery, their size is often 

constrained by their need for a battery that will last years [3]. Up to 90% of the 

biomedical implant's volume can be its battery [4]. However, once the battery is expired, 

the patient must undergo surgery to extract and replace the implant, which carries an 

inherent risk to the patient. Wirelessly powering the implant eliminates excess surgeries 

to removed expired devices. Additionally, removing or reducing the battery and 

wirelessly powering the device allows for device miniaturization, allowing for minimally 

invasive surgery to initially install the implant and reducing the patient's discomfort in 

their day-to-day life. 

 

1.2 Inductive WPTS 

Previous research in wireless power transfer (WPT) has addressed wirelessly 

powering biomedical implants. The majority of these works use a two-coil near field 

inductive wireless power system [5]–[10], or a multi- (more than three) coil system [11]–

[13].   

Inductive WPTS uses transmit and receive coils, often tuned and operated at a 

resonant frequency, and power is transmitted via a coupled magnetic field (B-field), as 

shown in Figure 1.1. An RF power amplifier is used to supply a high frequency AC 

current across the transmit coil, which emits a magnetic field (B-field). Some of the 

magnetic field passes through the receive coil, which induces a voltage according to 

Faraday's law 

 
∇ 𝑥 𝐸 = −

𝜕𝐵

𝜕𝑡
 

(1) 

where 𝐸 is the electric field, 𝐵 is the magnetic field which for a closed loop receive coil 
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can be simplified to  

 
𝑉 = −𝑛 ∗ 𝐴

𝜕𝐵

𝜕𝑡
 

(2) 

where 𝑉  is the voltage across the receive coil, 𝑛 is the number of turns, and 𝐴 is the area 

of the closed loop receive coil.  

For inductive WPTS powering biomedical implants, the receive coil is implanted 

within the body and coupled with an external transmit coil. Most of these systems operate 

in the low-radio frequency (RF) region below 20 MHz, but some work has been done on 

higher RF frequencies [14]–[16]. Inductive wireless power systems operate most 

efficiently when the transmitter and receiver coils are of similar size and the mutual 

inductance, or coupling, is relatively high. As the size of implants continues to shrink, 

however, the receive coil will necessarily shrink with the following likely effects: the 

mutual inductance and coupling will fall, the size of the receive coil will become small 

compared to the implant depth, the size of the transmit coil will become large compared 

to the receive coil, and the optimal operating frequency will go up. An increase in 

frequency due to small size results in higher attenuation of the magnetic field in human 

tissue which further reduces the efficiency of the WPTS [17].  

 

1.3 Magnetoelectric Transducers WPTS 

Another method of wirelessly powering biomedical implants is through the use of 

magnetoelectric (ME) transducers. ME transducers typically utilize a magnetostrictive 

material that is laminated with a piezoelectric material. The key concept of a ME WPTS 

is shown in Figure 1.2. A ME transducer is utilized as a receiver, which converts a 

magnetic wave produced by a transmit coil to electrical power to supply a biomedical 
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implant. The ME WPTS first transforms the magnetic energy to mechanical vibrations 

through the interaction of magnetostrictive material and the applied field. The vibrational 

kinetic energy is then converted to electrical form by a piezoelectric phase. 

ME transducers have recently been used as both transmit and receive antennas 

[18]–[20]. According to [21], for a given frequency, the characteristic wavelength of a 

ME antenna could be five orders of magnitude shorter than the electromagnetic 

wavelength, thus leading to more efficient energy transfer for small devices operating at 

low frequencies. This reduction occurs because the characteristic wavelength of a ME 

antenna is defined by its mechanical properties, whereas that of a typical coil antenna is 

determined by its electromagnetic properties. Comparing the overall system efficiency of  

very small receiver coil-based WPTS to ME receiver-based WPTS is an area of active 

research [22]–[25]. The outperformance of one system over another has not been 

conclusively shown. However, ME receiver-based WPTS seems promising given recent 

work  [22], [26].  

 

1.4 Safety Considerations for WPTS  

Regardless of the form of wireless power transfer, patient safety should be a high 

priority when powering biomedical implants. Two main international agencies currently 

govern the use of low frequency (below 10 MHz) non-ionizing radiation: International 

Commission on Non-Ionizing Radiation Protection (ICNIRP), and the International 

Committee on Electromagnetic Safety (ICES, which is a subsidiary of IEEE). Each 

agency has released its recommendations for safety standards [27]–[29]. While these 

safety standards were originally derived for environmental field safety, they are still 
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applicable for wireless power transfer for medical applications.  

The primary safety concerns with non-ionizing radiation exposure are RF shocks 

and burns, electrostimulation within the body, localized RF heating effects, surface 

heating effects, and whole-body heating effects. For frequencies below 5 MHz, RF 

shocks and electrostimulation are the primary concern. For frequencies of 100 kHz to 300 

GHz, tissue heating becomes a major concern, especially as frequencies increase. In the 

region between 100kHz and 5 MHz, both the RF shocks and tissue heating must be 

considered by the designer. Given these adverse health effects, ICES and ICNRP have set 

exposure limits for both a controlled (occupational) environment and the general public.   

For example, ICES has established "dosimetric reference limits (DRLs)" which 

are defined in terms of the electric field for RF shocks safety limit and Specific 

Absorption Rates (SARs) for the thermal heating safety limit. The SAR safety limit in a 

controlled environment is 0.4 W/kg whole-body exposure and 10 W/kg for localized 

exposure taken over a 6 minute period. But these Basic Restrictions can be challenging to 

measure and taxing to compute. Therefore, "exposure reference levels" or ERLs are 

introduced which are simpler and easier to measure. These are mostly defined in terms of 

magnetic field (B-field) exposure, although some ERLs are defined in terms of the 

electrical field exposure. ERL's are a more conservative safety estimate, a system 

complying with the ERLs will also comply with the DRLs and thus follow the safety 

regulations. The occupational/controlled-environment magnetic field exposure limits for 

both ICES and ICNRP as a function of frequency are presented in Figure 1.3.  

The allowable B-field dramatically decreases as the frequency of the magnetic 

field increases. The B-field is especially limiting at frequencies above 100 kHz. For a 
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ME-based WPTS, the power of the receiver is proportional to the square of the B-field 

[30]. Thus, operating at frequencies below 100 kHz could result in higher safe power 

generation at the implant. Generating a B-field as close as possible to the allowable safety  

limit, depending on the chosen operating frequency, will maximize the available power at 

the implant.  

The ERL limits are more appropriate and convenient for low frequency WPTS, 

such as ME transducers. For systems that operate at high RF frequencies (MHz – GHz 

range), the ERLs are so strict that it may be impossible to construct a useful WPTS that 

adheres to them. In these cases, directly calculating the DRL's (SARs) will offer better 

insight into the overall safety of the WPTS. However, we emphasize that ERLs can still 

be applied for RIC WPTS, as seen in a few works recently [31], [32]. 

However, currently, these safety standards are generally ignored in the design of 

WPTS for biomedical implants. A survey of 24 WPTS for biomedical implants [5], [6], 

[8]–[13], [22]–[26], [32]–[42] , comprising of both ME transducer and inductive WPTS, 

found that only six articles( [5], [6], [17], [22], [32], [35]) even attempted to address the 

safety issues of their design using the IEEE or ICNIRP guidelines. Out of these six, two 

used the B-field ERLs to justify their safety, while four others calculated the SARs for 

their WPTS design. And when doing the SAR calculations, sometimes the WPTS 

designers had to resort to other post hoc correction factors to meet the safety standards, 

such as averaging the tissue heating over a large volume of tissue or duty cycling the 

transmit power.   

While only a minority of WPTS for biomedical implants even address the safety 

aspect of their design, most of these only do so post hoc; once they've designed a system, 
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they test it to see if it meets the safety requirements.  As far as we can tell, only one of 

these WPTS was designed with safety limitations as part of the driving aspect of the 

design. This dissertation will address how to optimally design a WPTS with regard to the 

safety constraints in Chapter 3.  

 

1.5 Receiver Misalignment in WPTS  

Besides adhering to magnetic field safety constraints, another consideration for 

wirelessly powering biomedical implants is the effect of misalignment between the 

receiver and the transmitter in the WPTS. Once the surgeon installs an implant, its exact 

location and orientation may be unknown. Misalignment between the receiver and the 

transmitter reduces the efficiency of the wireless power transfer system, and this 

reduction in efficiency is true for both inductive [43]–[49] and ME WPTS [30], which 

require the B-field to be aligned with the receiver for maximum wireless power transfer. 

This receiver location uncertainty is often ignored when designing WPTS for biomedical 

implants. The 24 WPTS for biomedical implants previously mentioned only reported the 

wireless power transfer in a perfectly aligned system.  

The magnetic field exposure safety standards also prevent compensating for the 

misalignment, and thus reduced efficiency, by just increasing the transmit coil power, and 

thus increasing the WPTS B-field, to obtain a certain power level at the receiver. An 

inefficient WPTS could mean long recharge times for implants with a battery or passive 

implants (implants which no onboard energy storage) not receiving enough power to 

function.  

Receiver misalignment can be compensated by adjusting the B-field to realign it 
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at the receiver. Research has been done on omnidirectional WPTS that can alter the 

direction of the B-field at a point or specific points in space. The most common 

construction of omnidirectional WPTS is multiple transmit coils configured either as 

orthogonal intersecting coils [50]–[52] or in a single plane [53]–[55], as shown in Figure 

1.4. These omnidirectional WPTS can realign the B-field with a misaligned receiver at a 

point in space by using constructive interference of the B-field. However, the current 

planar coil arrays can only alter the B-fields at selected points in space depending on the 

geometry of the coil array.  A different approach to a planar coil that can alter its B-fields 

directionality is through using a single solenoid transmit coil that is physically actuating 

and altering its position/orientation through servo motors. This new dynamic transmit coil 

will be presented in Chapter 5 as a novel method to account for receiver misalignment for 

WPTS powering biomedical implants. 

 

1.6 Dissertation Outline  

This dissertation will proceed as follows; first, we explore the relationship   

between power and frequency for both inductive and ME WPTS. Next, an optimal design  

procedure is presented that maximizes the received power at the biomedical implant 

while considering safety and other system constraints. This optimal design process is 

used to assist in the building of a wirelessly powered knee sensor to help measure muscle 

recovery post-surgery. Following that, a novel method to account for receiver location 

uncertainties and misalignment for WPTS powering biomedical implants is presented. 

And finally, a ME transducer WPTS for a biomedical implant is built, characterized, and 

compared to similarly sized inductive and ME WPTS.   
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Figure 1.1 An inductive WPTS. An AC current is applied across the transmit coil 
generating magnetic flux (black arrows). According to Faraday's law, as some of the 
magnetic flux pass (red arrows) through the receive coil, it induces a voltage in the 
receive coil.    
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Figure 1.2 A system diagram of a magnetoelectric transducer receiver used in a ME 
WPTS. The B-field excites the magnetostrictive layer, causing it to vibrate. This 
vibration strains the piezoelectric layer, generating an electrical voltage. 
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Figure 1.3 ICNRP AND IEEE ERLs for the B-field safety standards for human 
occupational/controlled-environment exposure as a function of frequency. 
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Figure 1.4 There are multiple types of omnidirectional WPTS. Left) An omnidirectional 
WPTS composed of orthogonal intersecting coils [51]. Right) An omnidirectional WPTS 
composed of planar coils [53].  



 

 

 

 
 

CHAPTER 2 
 

 

2. OPTIMAL TRANSMIT COIL DESIGN FOR WIRELESSLY  

FREQUENCY-DEPENDENCE OF POWER AND  

EFFICIENCY FOR RIC AND ME WPTS 

 

This chapter explores the relationship between frequency and power transfer for 

different wireless power transfer systems. I would like to especially acknowledge the 

contributions of Dr. Binh Duc Truong in formal analysis and as an advisor of the work.  

 
 

2.1 Introduction 

  Wireless power transfer systems (WPTSs) actively transmit power from a source 

to a receiver, providing deterministic control over the generated power [1], [56]. This 

property has made wireless power transfer (WPT) a promising means to supply energy 

for low power electronics such as wireless sensors, especially for implantable devices 

where using traditional batteries raises many safety concerns [36], [57]. Among methods 

based on electromagnetic fields, near–field resonant inductive coupling is perhaps the 

most commonly used structure [58], [59]. In the last few years, wireless power transfer 

systems (WPTSs) utilizing magnetoelectric (ME) effects have emerged as an attractive 

alternative due to their excellent miniaturization potential without compromising much of 

the power delivery capability [21], [60], [61]. In this work, we narrow our focus to these 
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two methods. 

Most WPTSs consider the link efficiency, defined by the ratio between the power 

delivered to the load and the power input to the transmitter, as the primary objective. 

However, the safety standards regulated by the Institute of Electrical and Electronics 

Engineers (IEEE) and the International Commission on Non–Ionizing Radiation 

Protection (ICNIRP) are not related to efficiency but to actual power generated at the 

receiver side, drive frequency, magnetic flux density, and Specific Absorption Rates 

(SARs) [27]–[29]. The average energy flux density and average power density carried by 

an electromagnetic wave are shown to be proportional to its frequency and frequency 

squared, respectively [62]. However, the relationship between the power captured by a 

receiver and the wave frequency, which depends on the physics of energy conversion it 

obeys, has not been thoroughly studied. Exploring the direct influence of drive frequency 

on the generated power of a given mechanism could create a convenient bridge for 

designing an efficient WPTS used for biomedical applications, particularly when subject 

to safety requirements. 

In contrast to WPT, energy harvesting (EH) systems convert the available energy 

from environmental sources and provide enduring power without any “cost" [63]. In 

recent years, inductively scavenging energy from current–carrying structures such as 

power lines has demonstrated its potential as an approach to power wireless sensor 

networks [64]–[66]. Instead of efficiency, the output power (or sometimes the power 

density) is the paramount quantity of interest for an EH system. Determining the power–

frequency dependence in the relationships with other parameters and how this 

dependence changes under different scenarios (e.g., resonant or non–resonant) could 
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bring further insight into these devices. 

In this chapter, we investigate both the efficiency and output power of the RIC 

and ME WPTSs and determine the conditions to maximize these two quantities. The 

central objectives are to explore the changes in power generation and transfer efficiency 

under the variations of the drive frequency. RIC WPTS has been largely investigated in 

the literature. However, here we not only summarize classic, well–known results, such as 

the efficiency of RIC WPTS, but also further interpret them to determine the relationship 

between power and frequency for different RIC WPTS. Additionally, we explore the 

unrevealed properties to form the most comprehensive and universal framework possible 

for both structures (especially for deriving the efficiency and relationship between power 

and frequency for for ME WPTSs). Other efforts are devoted to introducing a figure of 

merit for each configuration and unifying the expressions of power (and efficiency) of the 

two architectures in the same general form, written as a function of the figure of merit. 

Some important results are also applicable to relevant inductive EH or magneto–

mechano–electric WPT systems. 

 

2.2 Power Optimization of WPT at Weak Coupling Regime  

and Inductive Energy Harvesting 

  Figure 2.1 depicts the key concepts of the inductive-based WPT and EH systems. 

With the focus on biomedical wearable and implantable applications, in the following 

study, we presume that the coupling between the transmitter and receiver of the WPTS is 

weak due to the mismatch between their sizes and a long transfer distance compared to 

the receiver dimensions. Therefore, the impedance reflected onto either of them is also 



16 
 

 

neglected. The transmitter is now considered a source of magnetic waves that can provide 

any field strength at any frequency. This analysis, therefore, applies to both EH systems 

that scavenge energy from magnetic fields available in the environment and weakly-

coupled WPTSs. 

For a given magnetic flux density B, the magnetic flux passing through a surface 

S is  

 Φ = ∬ 𝑩 ⋅ d𝑺

= 𝐵 ⋅ 𝑆 = 𝐵𝑆cos𝜃
. 

(3) 

where 𝐵 is the magnitude of the magnetic flux density, 𝑆 is the surface area which is 

assumed to be a finite area, and 𝜃 is the angle between the magnetic field lines and the 

normal (perpendicular) to S. 𝐵 is assumed to be uniform in the region of 𝑆. For the sake 

of simplification, from now on we consider 𝜃 = 0 unless otherwise stated; equivalently, 

Φ = 𝐵𝑆. 

Considering a solenoid coil of 𝑁 turns exposed to a uniform magnetic flux density 

B as illustrated in a close-up view of Figure 2.1, according to Faraday’s law of induction, 

the induced electromotive force (EMF) is  

 
𝑉 = −𝑁

dΦ

d𝑡
= −𝑁𝑆

d𝐵

d𝑡
. 

(4) 

With a time harmonic magnetic flux density 𝐵(𝑡) = −𝐵 sin𝜔𝑡 of angular frequency 𝜔, 

the EMF can be written as 𝑉 = 𝑉 cos𝜔𝑡 where   

 𝑉 = 𝜔𝐵 𝑁𝑆. (5) 

Given receiver geometry, 𝑉  is proportional to 𝜔. When a planar spiral coil is used, 𝑉 =

𝜔𝐵 ∑ 𝑆  where 𝑆  is the corresponding area of the 𝑖  turn. 

When connecting the two terminals of the receiver (or harvester) with an 
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electrical load, the EMF becomes a voltage source of the circuit. The power induced in 

the load then depends on the magnitude and frequency of the magnetic fields and the 

impedance characteristics of the receiving system. The primary aim of this section is to 

explore the relationships between the maximum generated power and the frequency 

under different scenarios that can take place in practice. 

 

2.2.1 A General Model for Small-Scale Receiver Coil 

We first investigate the maximum possible power that a receiver or harvester can 

provide by considering a single-coil resonator loaded with a resistance. A general model 

of this resonator is shown in Figure 2.2, in which an external capacitance 𝐶 is in series 

with the coil inductance 𝐿. In many cases, the coil parasitic capacitance 𝐶  is relatively 

smaller than 𝐶 and is neglected. However, 𝐶  may have a significant impact on the 

dynamics of the receiver and the performance of the output power in principle [67]. 

Therefore, it is included for a comprehensive analysis. 

A convenient method to examine the output power is to use the The′venin 

equivalent circuit such as that demonstrated in Figure 2.3. The The′venin voltage and 

impedance are derived as follows,  

𝑉 = 𝑉
1/𝑗𝜔𝐶

𝑅 + 𝑗𝜔𝐿 + 1/𝑗𝜔𝐶
, 

(6) 

𝑍 = 𝑍 =
1

𝑗𝜔𝐶
+

1

𝑗𝜔𝐶
 

𝑅 + 𝑗𝜔𝐿

𝑅 + 𝑗𝜔𝐿 + 1/𝑗𝜔𝐶
. 

(7) 

The voltage across the load resistance and the output power are given by  

𝑉 =
𝑉

𝑍 + 𝑅
𝑅 , 

(8) 
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𝑃 =
1

2

𝑉

𝑅
=

1

2

𝑉

𝑍 + 𝑅
𝑅 . 

(9) 

The impedance matching conditions to achieve the maximum power delivered to the load 

are  

ℜ{𝑍 } = 𝑅

ℑ{𝑍 } = 0,
 

(10) 

which yield the optimal values of the load resistance and series capacitance as  

𝑅 =
𝑅

(𝑄𝑄 − 1) + 𝑄
, 

(11) 

𝐶 = 𝐶
(𝑄𝑄 − 1) + 𝑄

𝑄 (𝑄 − 𝑄 (𝑄 + 1))
 

(12) 

where 𝑄 = 𝜔𝐿/𝑅 and 𝑄 = 𝜔𝐶 𝑅. The necessary and sufficient condition such that 𝐶 >

0 is 𝑄 < 𝑄/(𝑄 + 1) ≤ 1/2. This solution leads to the output power  

𝑃 = =
( )

,. (13) 

which is also the largest possible power the receiver can produce. This maximum power 

is referred to as the power limit, denoted as 𝑃 . 

From the circuit theory point of view, 𝑉  and 𝑅 play a role as an effective 

power source for a lossless two-port network formed by {𝐿, 𝐶 , 𝐶}, and 𝑃  is the power 

available for extraction. In the later stage, the output port of the T–network is connected 

to the load resistance 𝑅  at which the electrical energy converted is consumed. Equation 

(13) is a simple and efficient means to predict the maximum output power of a magnetic 

energy harvester or a weakly coupled WPTS. Especially in the latter case, there is no 

need to explicitly identify the dynamics of the transmitter, the actual coupling coefficient 

between the two coils, or the system efficiency, but only the field strength at the receiver. 
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The wave frequency is typically known ahead of time. 

The results obtained in this section hold regardless of whether 𝑅 is a constant or 

frequency-dependent. It is important to note that the power expression (13) can be 

considered as a quadratic function of the frequency of the propagating waves when 𝑅 is 

nearly unchanged with respect to frequency. In the next sections, we study the 

relationships between the maximum output power and the frequency under different 

scenarios in practice where (13) may or may not be reached. 

 

2.2.2 Case I: Low-Frequency Nonresonant Transducer  

Magnetic energy harvesting systems with a pickup coil usually operate at low 

frequencies at which the parasitic capacitance 𝐶  is negligibly small and therefore 

disregarded. Furthermore, the required optimal capacitance 𝐶 for forming a resonator is 

too large to implement. In these circumstances, the general model shown in Figure 2.2 

can be simplified to that in Figure 2.4. 

The output power now reads as  

𝑃 =
1

2
𝑉

𝑅

(𝑅 + 𝑅 ) + (𝜔𝐿)
. 

(14) 

Since the two conditions in (10) cannot be satisfied simultaneously, the impedance 

matching condition is then given by 𝑅 = 𝑍  where 𝑍 = 𝑅 + 𝑗𝜔𝐿. In particular, the 

optimal load and the corresponding maximum power are  

𝑅 = 𝑅 1 + 𝑄 , (15) 

𝑃 =
1

8

𝑉

𝑅

2

1 + 1 + 𝑄
< 𝑃 =

1

8

𝑉

𝑅
 ∀ 𝑄. 

(16) 

We note that using the gradient descent method leads to the same results. At low 
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frequency, 𝐿 and 𝑅 are almost constant, 𝑉 ∝ 𝜔  and 𝑄 ∝ 𝜔. Therefore, 𝑃 ∝ 𝜔 when 

𝑄 ≫ 1, approximately. 

 

2.2.3 Case II: Resonant Energy Harvester and Wireless  

Power Transfer Receiver 

We now consider a scenario where 𝐶  is still negligibly small and is ignored. 

However, at the same time, there exists suitable capacitance 𝐶 connected in series with 𝐿 

to form a resonator. This configuration is described in Figure 2.5, in which the operating 

frequency is usually between a few tens kHz up to a few tens MHz. 

The generated power in this case is computed as  

𝑃 =
1

2
𝑉

𝑅

(𝑅 + 𝑅 ) + (𝜔𝐿 − 1/𝜔𝐶)
. 

(17) 

Similarly, the optimal values of load resistance and output power are  

𝑅 = 𝑅 1 + (𝑄 − 1/𝑄 ) , (18) 

𝑃 =
1

8

𝑉

𝑅

2

1 + 1 + (𝑄 − 1/𝑄 )
≤ 𝑃  ∀ {𝑄, 𝑄 } 

(19) 

where 𝑄 = 𝜔𝑅𝐶. At the resonance frequency 𝜔 = 1/√𝐿𝐶, we have 𝑄𝑄 = 1, 𝑅 = 𝑅, 

and the equality is attained. 

In brief, in order to maximize the output power, the resonance frequency 𝜔  of 

the resonator needs to be tuned to match the magnetic field frequency 𝜔, and the load 

resistance is adapted to the resistance of the coil simultaneously. Similar to (13), 𝑃 ∝ 𝜔 . 
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2.2.4 Case III: High-Frequency Wireless Power  

Transfer Receiver 

   For a WPTS operating at high frequency, the effect of the parasitic capacitance 

is significant and must be taken into account. On the contrary, the use of an external 

capacitor may no longer be feasible. And more importantly, it may be not necessary. The 

following analysis is to clarify this argument. 

The equivalent circuit for this circumstance is shown in Figure 2.6. The power 

delivered to the load is determined by  

𝑃 =
1

2
𝑉  

𝑅

𝑅 + (𝑗𝜔𝑅 𝐶 + 1)(𝑅 + 𝑗𝜔𝐿)

=
1

2

𝑉

𝑅

1

[1 + 𝑅/𝑅 − 𝑄𝑄 ] + [𝑄𝑅/𝑅 + 𝑄 ]
.

 

(20) 

Using the gradient descent approach, the optimal load at each frequency is  

𝑅 = 𝑅
1 + 𝑄

(1 − 𝑄𝑄 ) + 𝑄
. 

(21) 

Moreover, the optimal load and frequency can be simultaneously determined by the 

impedance matching conditions ℜ{𝑍 } = 𝑅  and ℑ{𝑍 } = 0 where  

  
𝑍 =

1

𝑗𝜔𝐶
 

𝑅 + 𝑗𝜔𝐿

𝑅 + 𝑗𝜔𝐿 + 1/𝑗𝜔𝐶
, 

(22) 

which results in the solution  

𝑅 = 𝑅(1 + 𝑄 ), (23) 

𝜔 = (𝐿𝐶 ) − (𝑅/𝐿) . (24) 

This solution is real for 𝐿 > 𝐶 𝑅 , or equivalently, 𝑄 > 𝑄 . Note that (23) is a particular 

case of (21) at a specific frequency 𝜔 that is given by (24). From (23) and (24), we 

observe that both optimal frequency and load resistance solely depend on the electrical 
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characteristics of the coil {𝐿, 𝑅, 𝐶 }. We also have the relation 1/𝑄 = 𝑄 + 1/𝑄. 

At the optimal load and frequency conditions, the corresponding maximum output 

power is  

𝑃 =
1

8

𝑉

𝑅
= 𝑃 . 

(25) 

This result shows that 𝑃 is still able to reach its global maximum 𝑃  without the need 

for an added capacitance. In practice where the wave frequency is known beforehand, it 

is desired to design a receiver coil whose properties satisfy the condition (24), and the 

load resistance is chosen based on (23). 

The results obtained in this subsection are applicable for a receiver resonator 

configured in parallel, in which 𝐶  now represents the sum of the added capacitance and 

the parasitic capacitance. Given the same resonator parameters, the optimal frequency of 

the parallel configuration is slightly smaller than that of the series structure. Meanwhile, 

the optimal load resistance of the former is higher than that of the latter. Therefore, 

choosing which type of connection, series or parallel, strongly depends on the loading 

condition. 

The findings presented in three cases {I, II, III} together with a more general form 

shown in Figure 2.2 can cover the most commonly used structures in EH and WPT 

systems. These investigations provide explicit relationships between the maximum output 

power and operating frequency, and at the same time, show how to reach the power limits 

under each circumstance. 
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2.2.5 On the Constant Magnetic Field 

Considering the weak coupling condition in which the reflected impedance on the 

transmit side of a RIC WPTS is negligible, the generated magnetic field then solely 

depends on the transmitter geometry and the current flowing in it. A constant current 

amplitude that produces a constant B–field can be accomplished by adapting an external 

series-capacitance such that the imaginary parts of the transmitter impedance cancel out 

each other, which is equivalent to forming a resonator. Under the resonance condition, 

the input current is a function of the coil resistance, but not inductance, and therefore is 

independent of frequency. This technique is able to produce constant magnetic field 

strength over a wide range of frequencies. 

 

2.3 Efficiency Consideration of a Resonant Inductive Coupling  

Wireless Power Transfer System 

When the transfer efficiency is chosen as the objective of the study, the output 

power is bounded by the power available from a source. For a given power source, the 

magnetic field strength is determined by the current flowing into the transmitter coil, 

which depends on the input impedance of the system that is a function of the operating 

frequency. Therefore, 𝐵  is not independent of 𝜔 in general. This is the fundamental 

difference between the efficiency maximization and power optimization problems 

presented in Section 2.2. The efficiency is obviously always less than unity. However, the 

dependence of the efficiency on the drive frequency is still of great interest. 

The maximum achievable transfer efficiency for a two-coil RIC WPTS is 

asymptotically expressed in the following form [68], [69]  
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𝜂 =

𝑘 𝑄 𝑄

( 1 + 𝑘 𝑄 𝑄 + 1)
 

(26) 

where 𝑄  and 𝑄  are the unloaded quality factors of the transmitter and receiver coils, 

respectively. In particular, 𝑄 = 𝜔𝐿 /𝑅 , where i = {1,2}. The coupling coefficient is 

defined by 𝑘 = 𝑀/ 𝐿 𝐿 , where 𝑀 is the mutual inductance between the two coils. The 

efficiency expression (26) is applicable to approximate the global optimum efficiency of 

the four configurations, series–series, series–parallel, parallel–series, and parallel–parallel 

[69]. It is essential to note that (26) is attained if and only if the impedance matching 

conditions to both source and load are satisfied, that is  

  𝑅 = 𝑅 1 + 𝑘 𝑄 𝑄 ,

𝑅 = 𝑅 1 + 𝑘 𝑄 𝑄 ,
 

(27) 

and 𝜔 = 1/ 𝐿 𝐶 . The corresponding maximum output power is  

 𝑃 = 𝜂𝑃 . (28) 

Here, 𝑃 = 𝑉 /8𝑅  is the power available from the source that is represented by 

a series circuit with a source voltage 𝑉  and a resistor 𝑅 . For a given power source, 𝑃  

is defined and independent of frequency. It is apparent that 𝑃 is a linear function of 𝜂 in 

the form of 𝑦 = 𝑎𝑥. 

Some authors refer to the term 𝑘 𝑄 𝑄  to as the figure of merit of a RIC WPTS 

since it directly determines the magnitude of the transfer efficiency. An obvious 

observation is that 𝜂 always increases with the increase of 𝑘 𝑄 𝑄 . Given the geometries 

of the transmitter and receiver and the distance between them, the coupling coefficient is 

a constant. A convenient approach to enhance 𝑘 𝑄 𝑄  is to enlarge the 𝑄–factors by 

operating at higher frequencies. 
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In the weak coupling regime, 𝑘 𝑄 𝑄 ≪ 1, the optimal load (i.e., the second 

condition in (28) is approximately 𝑅 ≈ 𝑅 . This result coincides with that in Section 2.3, 

which indicates that maximizing the efficiency is considered equivalent to optimizing the 

output power under a given magnetic field for the weakly coupled condition. At the same 

time, matching the source resistance with that of the transmitter coil 𝑅 ≈ 𝑅  maximizes 

the input power, and as a consequence, the B–field generated. The maximum efficiency 

and output power can be approximated by  

 
𝜂 ≈

1

4
𝑘 𝑄 𝑄 , 

(29) 

 
𝑃 ≈

𝑃

4
𝑘 𝑄 𝑄 . 

(30) 

A comparison between the maximum achievable efficiency and its estimation at weak 

coupling is shown in Figure 2.7. Under the situation where 𝑘 𝑄 𝑄 ≪ 1, both 𝜂 and 𝑃 

are proportional to frequency squared since 𝑄 𝑄 ∝ 𝜔 . 

It should be emphasized that, in the low coupling regime, no matter whether we 

neglect the reflected impedances on the transmitter and receiver sides or we consider the 

dynamics of the entire system, the quadratic relationship between the maximum output 

power and the frequency always holds. However, the derivations in Section 2.1 are 

favorable to approximate 𝑃 since determining the B–field strength generated by the 

transmitter at the receiver location is more convenient than measuring the coupling 

between the two coils. For a strongly coupled RIC WPTS with high quality factors, 

𝑘 𝑄 𝑄 ≫ 1, 𝜂 ≈ 1 − 2/√𝑥 + 2/𝑥 → 1 and 𝑃 → 𝑃 , where 𝑥 represents 𝑘 𝑄 𝑄 . 
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2.4 Power Optimization of Magnetoelectric Wireless  

Power Transfer and Energy Harvesting 

   The concept of a ME WPTS is depicted in Figure 2.8, in which the transmitter is a 

circular coil similar to that of a RIC WPTS, but the receiver in this case is a ME 

transducer composed of two magnetostrictive layers and one piezoelectric layer instead 

of a pick-up coil. The magnetic energy captured by the magnetostrictive material is 

transformed into the vibration of the ME composite. The vibrational kinetic energy is 

then converted to electricity through the direct piezoelectric effect. 

It is possible to operate a RIC WPTS at different frequency bands with given 

geometries of the two coils by choosing appropriately external capacitances. However, 

the optimal operating frequency of a ME WPTS is usually at or near the mechanical 

resonance or anti-resonance frequencies. These two specific frequencies are directly 

dependent on the receiver geometry. Therefore, geometry optimization and the power–

frequency relationship are always two inseparable problems for a ME WPTS. A thorough 

study to address the relevant questions was presented in [70]. 

Mechanical 𝑄–factor, a dimensionless parameter, is widely used as a criterion to 

examine the efficiency of a mechanical system [71]. In order to evaluate the performance 

of a ME WPTS as fairly as possible when subject to the change of the receiver geometric 

dimensions, we assume that the mechanical quality factor is constant and is independent 

of the geometry. Following this assumption, it is shown that the maximum output power 

is proportional to the operating frequency [70]. More importantly, such a property holds 

regardless of the magnitude of the volume constraint. 
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2.5 Efficiency and Figures of Merit of a Magnetoelectric  

Wireless Power Transfer 

 Figure 2.9 shows an equivalent circuit model to investigate the overall transfer 

efficiency of a ME WPTS. The internal impedance of the source is expressed in a general 

form of 𝑍 = 𝑅 + 𝑗𝑋 . 𝐿  and 𝑅  represent the inductance and resistance of the 

transmitter coil, and 𝐶  is an external capacitor connected in series with {𝐿 , 𝑅 }. Ψ  is 

the effective electrodynamic transduction factor that relates the input current and the 

electromotive voltage 𝑉  to the equivalent force 𝐹  acting on the ME composite and its 

longitudinal velocity respectively. 𝑍 denotes the mechanical impedance, and 𝑏 is the 

mechanical damping coefficient. The coupling between the mechanical and electrical 

domains at the final stage of the conversion is represented by the electromechanical 

transduction factor Γ . 𝐶  is the nominal capacitance of the piezoelectric element 

(parasitic capacitances are typically very small by comparison to the piezoelectric 

capacitance), and 𝑅  is the load resistance connected at the output terminals of the ME 

transducer. 

Two widely used criteria to evaluate the performance of a two-port network are 

the transducer power gain 𝜂  and the operating power gain 𝜂 , defined as  

  
𝜂 =

power delivered to the load

power available from the source
=

𝑃

𝑃
, 

(31) 

 
𝜂 =

power delivered to the load

power input to the network
=

𝑃

𝑃
. 

(32) 

in which 𝜂  is usually referred to as the power transfer efficiency or the link efficiency in 

the field of WPT. 𝜂  is a lower bound of 𝜂  since 𝜂 ≤ 𝜂  for any WPTS. We now 

maximize 𝜂  and 𝜂  based on impedance matching principle. We choose 𝑅 , 𝑋 , 𝐶 , 𝜔 and 
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𝑅 , which are not characteristics of the transmitter or receiver, as objective variables of 

the optimization problem. 

Ψ , 𝑍, Γ  and 𝐶  are derived as  

 Ψ = Λ Γ = Λ (2𝑤𝑡 𝑑 , /𝑠 ), (33) 

 
𝑍 = −𝑗(

𝑛

𝑠
+

1 − 𝑛

𝜅𝑠
)

𝐴

2𝑣
cot

𝜔𝐿

2𝑣
, 

(34) 

 Γ = −𝑤𝑑 , /𝑠 , (35) 

 𝐶 = 𝜖 𝑤𝐿/𝑡 . (36) 

Λ  is a coefficient describing the relationship between the current input to the 

transmitter coil and the magnetic field strength it generates at the location of the ME 

device. Λ  is dependent on the coil geometry, distance between transmitter and ME 

device, and the orientation of the ME device relative to the transmit coil. An example of 

how to determine Λ  for a thick coil with rectangular cross section is presented in 

Section 2.9. Γ  is the magneto-elastic transduction factor (it is also sometimes referred to 

as the electrodynamic transduction factor). The definitions of the material constants and 

other necessary quantities are as follows. 𝐿 and 𝑤 are the length and width of the ME 

laminate, while 𝑡  and 𝑡  are the thicknesses of the piezoelectric and magnetostrictive 

layers, respectively. 𝑑 ,  is the piezomagnetic constant. 𝑠  is the elastic compliance at 

constant magnetic field. 𝑠  is the elastic compliance of the piezoelectric material under 

constant electric field. 𝑑 ,  is the transverse piezoelectric charge constant. 𝜖  – is the 

dielectric permittivity under constant stress. 𝜖  is the permittivity component at constant 

strain with the plane-stress assumption of a thin narrow beam (i.e., 𝜖 = 𝜖 −

𝑑 , /𝑠 ). 𝜅 is the interface coupling coefficient relating the stress transferred between 
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the magnetostrictive and piezoelectric materials, 0 ≤ 𝜅 ≤ 1. 𝐴, 𝑛 and 𝑣  are the cross-

sectional area, the thickness ratio, and the squared speed of sound in the composite, 

respectively,  

 𝐴 = 𝑤(𝑡 + 2𝑡 ), (37) 

 𝑛 = 𝑡 /(𝑡 + 2𝑡 ), (38) 

 
𝑣 =

1

𝜌
[𝑛(𝑠 −

𝑑 ,

𝜖
) +

1 − 𝑛

𝜅
(𝑠 −

𝑑 ,

𝜇 ,

) ]

= [𝑛/𝑠 + (1 − 𝑛)/(𝜅𝑠 )]/𝜌,

 

(39) 

𝜇 ,  is the magnetic permeability at constant stress. The equivalent mass density of the 

ME laminate is  

 𝜌 = 𝑛𝜌 + (1 − 𝑛)𝜌 /𝜅 (40) 

where 𝜌  and 𝜌  are the mass densities of the piezoelectric and magnetostrictive 

materials, respectively. 

Writing 𝑍 in the form of 𝑍 = 𝑗𝑍 , the input and output impedances are  

  
𝑍 = 𝑗𝜔𝐿 +

1

𝑗𝜔𝐶
+

Ψ

𝑍
+ 𝑅 , 

(41) 

 

𝑍 =

1
𝑗𝜔𝐶

𝑗𝑍 + 𝑍 + 𝑏
Γ

1
𝑗𝜔𝐶

+
𝑗𝑍 + 𝑍 + 𝑏

Γ

 

(42) 

where the intermediate parameters 𝑍  and 𝑍  are  

 
𝑍 = 𝑍 + 𝑏 + Γ

𝑅

1 + 𝑗𝜔𝑅 𝐶

= 𝑗𝑍 + 𝑏 + Δ𝐾
𝜏

1 + 𝑗𝜔𝜏
,
 

(43) 
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𝑍 =

Ψ

𝑗𝜔𝐿 +
1

𝑗𝜔𝐶
+ 𝑅 + 𝑅 + 𝑗𝑋

, 
(44) 

with Δ𝐾 = Γ /𝐶  and 𝜏 = 𝑅 𝐶 . 

In order to form a resonator at the transmitter side, 𝐶  is determined by the 

relation 𝑗𝜔𝐿 + (𝑗𝜔𝐶 ) = 0, which results in  

 𝐶 = (𝜔 𝐿 ) , (45) 

then 𝑍 = 𝑅 + Ψ /𝑍 . From (43), we have  

 ℜ{𝑍 } = 𝑏 + Δ𝐾
𝜏

1 + (𝜔𝜏 )
, (46) 

 
ℑ{𝑍 } = 𝑍 − Δ𝐾

𝜔𝜏

1 + (𝜔𝜏 )
. 

(47) 

Let us choose the operating frequency such that  

 ℑ{𝑍 } = 0, (48) 

the real and imaginary parts of the input impedance become  

 
ℜ{𝑍 } = 𝑅 +

Ψ

𝑏 + Δ𝐾 𝜏 (1 + (𝜔𝜏 ) )
, 

(49) 

 ℑ{𝑍 } = 0. (50) 

The conditions for matching to the source impedance are  

 𝑅 = ℜ{𝑍 }, (51) 

 𝑋 = −ℑ{𝑍 } = 0. (52) 

 Under these circumstances, the input power is equal to the power available from the 

source, 𝑃 = 𝑃 . Therefore, the two power gains collapse to the same solution, 𝜂 =

𝜂 = 𝜂. In addition, due to (52), the power available from the source takes the form 

𝑃 = 𝑉 /(8𝑅 ). 
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The power delivered to the load is given by [70]  

 
𝑃 =

1

2
 Δ𝐾

𝜔 𝜏

1 + (𝜔𝜏 )
𝐹 /

{[ 𝑍 + Δ𝐾
(𝜔𝜏 )

1 + (𝜔𝜏 )
] + [𝜔𝑏 + Δ𝐾

𝜔𝜏

1 + (𝜔𝜏 )
] }

 

(53) 

where 𝑍 = 𝑗𝜔𝑍 = −𝜔𝑍 , and the equivalent force is computed as  

 
𝐹 =

Ψ 𝑉

(𝑅 + ℜ{𝑍 }) + (ℑ{𝑍 })
=

Ψ 𝑉

2𝑅
. 

(54) 

We can write  

 
𝑍 + Δ𝐾

(𝜔𝜏 )

1 + (𝜔𝜏 )
= −𝜔[𝑍 − Δ𝐾

𝜔𝜏

1 + (𝜔𝜏 )
]

= −𝜔ℑ{𝑍 } = 0,

 

(55) 

due to the equality in (48). From (53), (54), and (55), the power transfer efficiency reads  

 
𝜂 = Δ𝐾

𝜔 𝜏

1 + (𝜔𝜏 )

Ψ

𝑅
[𝜔𝑏 + Δ𝐾

𝜔𝜏

1 + (𝜔𝜏 )
]

=
Δ𝐾

𝜔𝑏

𝜔𝜏

1 + (𝜔𝜏 )

Ψ

𝑏𝑅
[1 +

Δ𝐾

𝜔𝑏

𝜔𝜏

1 + (𝜔𝜏 )
] .

 

(56) 

We now consider a condition to match the output impedance 𝑍  to the load, 𝑅 = 𝑍 , 

to further optimize 𝜂. From (45) and (52), it follows that  

 
𝑍 =

Ψ

𝑅 + 𝑅
= Δ𝐾 𝜏  

(57) 

where we have introduced Δ𝐾 = Ψ /𝐿  and 𝜏 = 𝐿 /(𝑅 + 𝑅 ), which are analogous 

to the definitions of Δ𝐾  and 𝜏 , respectively. From (42), we have that  

 
𝑍 =

1

𝜔𝐶

(𝑍 /𝑏) + (1 + 𝑍 /𝑏)

(Δ𝐾 /(𝜔𝑏) − 𝑍 /𝑏) + (1 + 𝑍 /𝑏)

. 
(58) 

Substituting 𝑍  obtained from equations (47) and (48) into the fraction 𝑍 /𝑏, we get  
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 𝑍

𝑏
=

Δ𝐾

𝜔𝑏

(𝜔𝜏 )

1 + (𝜔𝜏 )
= 𝑀

𝑋

1 + 𝑋
 

(59) 

where 𝑀 = Δ𝐾 /(𝜔𝑏) is an electromechanical figure of merit and 𝑋 = 𝜔𝜏 > 0. In the 

same manner, we can write 𝑍 /𝑏 = 𝑀 𝑄  where 𝑀 = Δ𝐾 /(𝜔𝑏) and 𝑄 = 𝜔𝜏 =

 𝜔𝐿 /(𝑅 + 𝑅 ). The parameter 𝑀  can be considered as an electrodynamic figure of 

merit. Alternative forms of 𝑀  and 𝑀  expressed in terms of the coupling coefficients 

and the mechanical quality factor of the ME transducer, which are widely utilized in EH 

and WPT literature, are discussed in Section 2.9. 𝑄  is the effective quality factor of the 

transmitter coil, which takes both dissipative components 𝑅  and 𝑅  into account. Setting 

the right hand side of (58) equal to 𝑅 , we obtain  

 

𝑋 =
(𝑀

𝑋
1 + 𝑋

) + (1 + 𝑀 𝑄 )

(𝑀 − 𝑀
𝑋

1 + 𝑋
) + (1 + 𝑀 𝑄 )

. 

(60) 

Denoting 𝑋 = 𝑌 > 0, equation (60) can be simplified as follows  

 (1 − 𝑌)[(1 + 𝑀 𝑄 ) (1 + 𝑌) − 𝑀 𝑌] = 0. (61) 

One obvious solution from the first factor is 𝑌 = 1, in other words,  

 𝜔𝜏 = 1. (62) 

In this case, the equation to find 𝜔 is  

 2𝑍 𝜔 = Δ𝐾 , (63) 

following (47) and (46); notice that 𝑍  is also a function of 𝜔, 𝑍 = 𝑍 (𝜔). 

The expression (56) now reduces to  
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𝜂 =

Ψ

𝑏𝑅

𝑀 /2

(1 + 𝑀 /2)
= 2

Ψ

𝑏𝑅

𝑀

(𝑀 + 2)

= 2𝑀 𝑄
𝑀

(𝑀 + 2)

. 

(64) 

where we define 𝑄 = 𝜔𝜏 = 𝜔𝐿 /𝑅 , a non-dimensional parameter that is analogous to 

a quality factor. 𝑄  is an intermediate quantity used for further derivations. We note that 

the unloaded quality factor of the transmitter coil is characterized by 𝑄 = 𝜔𝜏 =

𝜔𝐿 /𝑅 . Due to the relations given in (49), (51) and (62), the ratio between 𝑄  and 𝑄  

can be written as  

 𝑄

𝑄
=

𝑅

𝑅
=

𝑀 + 2

2𝑀 𝑄 + 𝑀 + 2
. 

(65) 

From (64) and (65), 𝜂 can be described in terms of three variables, the two figures of 

merit 𝑀  and 𝑀 , and the resonator unloaded quality factor 𝑄 ,  

 
𝜂 =

2𝑀 𝑄

2𝑀 𝑄 + 𝑀 + 2

𝑀

𝑀 + 2
. 

(66) 

We would like to emphasize that {𝑀 , 𝑀 , 𝑄 } are solely dependent on the properties of 

the transmitter and receiver, and the expression (66) is the maximum power transfer 

efficiency with the optimal load that satisfies condition (62). 

The other factor in (61) leads to the solution  

 𝑌

(1 + 𝑌)
=

(1 + 𝑀 𝑄 )

𝑀
, 

(67) 

or equivalently,  

 𝜔𝜏

1 + (𝜔𝜏 )
=

1 + 𝑀 𝑄

𝑀
, 

(68) 

which results in  
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𝜔𝜏 =

1 ± 1 − (2(1 + 𝑀 𝑄 )/𝑀 )

2(1 + 𝑀 𝑄 )/𝑀
. 

(69) 

This solution is real (and also positive) only if 𝑀 ≥ 2(1 + 𝑀 𝑄 ). 

From (68) and (56), we get  

 
𝜂 = 𝑀 𝑄

1 + 𝑀 𝑄

(2 + 𝑀 𝑄 )
. 

(70) 

Substituting (68) into (51) yields  

 
𝑅 = 𝑅 +

Ψ

𝑏(2 + 𝑀 𝑄 )
. 

(71) 

The relation between the quality factors 𝑄  and 𝑄  is  

 𝑄

𝑄
=

𝑅

𝑅 + 𝑅
=

2 + 𝑀 𝑄

4 + 2𝑀 𝑄 + 𝑀 𝑄
, 

(72) 

which is equivalent to  

 𝑀 𝑄 + 2𝑄 − 𝑄 = 0. (73) 

The positive solution to this quadratic equation is  

 
𝑄 =

𝑀 𝑄 + 1 − 1

𝑀
. 

(74) 

Therefore, 𝑀 𝑄 + 1 = 𝑀 𝑄 + 1 and (𝑀 𝑄 + 2) = ( 𝑀 𝑄 + 1 + 1) . The 

other is negative and not physical. Following the same procedure, we find that  

 
𝑄 =

𝑄

𝑀 𝑄 + 1
. 

(75) 

Inserting (68), (69), and (74) back into (47) and (48), the operating frequency is then 

determined by the equation  
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2𝑍 𝜔 = Δ𝐾 [1 ± 1 − (2(1 + 𝑀 𝑄 )/𝑀 )  ]

= Δ𝐾 [1 ± 1 − 4(𝑀 𝑄 + 1)/𝑀  ].

 

(76) 

Finally, we substitute 𝑄  and 𝑄  into (70) and obtain  

 
𝜂 =

𝑀 𝑄 + 1

( 𝑀 𝑄 + 1 + 1)

𝑀 𝑄

𝑀 𝑄 + 1

=
𝑀 𝑄

( 𝑀 𝑄 + 1 + 1)
.

 

(77) 

We note that at the critical value when 𝑀 = 𝑀∗ = 2(1 + 𝑀 𝑄 ), 𝜔𝜏 = 1 (i.e., see 

(69)), and the two cases collapse to a single solution. Furthermore, we can write the 

output impedance in (42) and its imaginary part as  

 
𝑍 =

1

𝜔𝐶

𝑗𝑍 /𝑏 + (𝑍 /𝑏 + 1)

(𝑀 − 𝑍 /𝑏) + 𝑗(𝑍 /𝑏 + 1)
, 

(78) 

 
ℑ{𝑍 } =

1

𝜔𝐶

(𝑍 /𝑏)(𝑀 − 𝑍 /𝑏) − (𝑍 /𝑏 + 1)

(𝑀 − 𝑍 /𝑏) + (𝑍 /𝑏 + 1)
. 

(79) 

With 𝜔𝜏 = 1, based on (63), 𝑍 /𝑏 = 𝑀 /2 and 𝑀 − 𝑍 /𝑏 = 𝑀 /2. In addition, 

𝑍 /𝑏 = 𝑀 𝑄 . As a consequence, ℑ{𝑍 } = 0, and the equation 𝑅 = 𝑍  is equivalent 

to 𝑅 = ℜ{𝑍 }. This result shows that at 𝑀 = 𝑀∗, the bi-conjugate impedance 

matching conditions  

 𝑍 = 𝑍∗,

𝑍 = 𝑍∗, 
(80) 

are satisfied. Therefore, the expression (77) is the maximum possible efficiency that can 

be obtained by the ME WPTS under consideration. More importantly, this global 

optimum can also be achieved at any 𝑀 > 𝑀∗. The previous solution, i.e., (66), with 

lower transfer efficiency applies for 𝑀 < 𝑀∗. 
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We see that the efficiency in (77) is independent of the electromechanical figure 

of merit 𝑀  and is only a function of the electrodynamic figure of merit 𝑀  and the 

unloaded quality factor 𝑄  of the transmitter. (Note, 𝑀  embeds both the electrodynamic 

coupling factor and the mechanical quality factor of the ME receiver.) The independence 

of efficiency from 𝑀  reflects the fact that when 𝑀  reaches 𝑀∗, further improvements in 

the piezoelectric material properties will not result in more power output. The increased 

damping effect from higher electromechanical coupling (i.e. from the piezoelectric 

material) would reduce the amount of mechanical power available even though a higher 

percentage of that power would be converted to electrical power. Hence, both the output 

power and efficiency saturate for 𝑀  going beyond 𝑀∗. 

It should be noted that while Ψ , 𝑍, Γ  and 𝐶  presented at the beginning of this 

Section are for a ME WPTS, the analysis and findings apply to a magneto-mechano-

electric (MME) WPTS. This is true for translational [72], [73] or rotational [74] 

architectures with their corresponding parameters. In many practical scenarios, the 

internal impedance of a source 𝑍 = 𝑅 + 𝑗𝑋  and the electrical load 𝑅  are 

predetermined. In order to realize the general maximum power transfer theorem in [75], 

two additional networks (e.g., T– or Π–type) can be used as passive impedance matching 

circuits at both transmitter and receiver sides. A detailed analysis of the method is out of 

the scope of this work, but an example can be found in [76]. 

When the coupling between the transmitter coil and the ME receiver is weak, 

𝑀 𝑄 ≪ 1. Thus, the solution (69) is approximately 𝜔𝜏 ≈ (𝑀 ± 𝑀 − 4)/2 with the 

condition 𝑀 ≥ 2. This alternative expression of (69) along with (62) form the same 
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complete set of solutions to the power optimization problem for a ME WPTS presented in 

[70], Section 2.3. Therefore, in the weak coupling regime, the efficiency maximization 

can be considered equivalent to optimizing the output power under an applied magnetic 

field. Moreover, obeying the conditions (45) and (51) (now roughly 𝑅 ≈ 𝑅 ) yields the 

maximum input power and the largest magnetic field that the transmitter coil can produce 

(for a given power source). Since the two problems are unified, we can also infer that the 

relationships between the transfer efficiency and frequency are identical to those of 

power and frequency obtained from optimizing the geometry of the ME transducer. For 

instance, under the condition of a constant mechanical quality factor, the efficiency is 

proportional to the chosen operating frequency, 𝜂 ∝ 𝜔. For the circumstances where 

𝑀 𝑄 ≪ 1, and correspondingly 𝑀 𝑄 ≪ 1, the optimum transfer efficiency and output 

power are  

 
𝜂 ≈

1

4
𝑀 𝑄 , 

(81) 

 
𝑃 ≈

𝑃

4
𝑀 𝑄 . 

(82) 

 Comparing (26) and (77), we see that despite the apparent differences in the 

energy conversion mechanisms, the optimal transfer efficiency of the two topologies, 

RIC and ME, essentially share the same form 𝜂 = Θ/(√1 + Θ + 1) . The quantity Θ can 

be referred to as the figure of merit and receives different values depending on the WPT 

structure used. Especially, for weakly coupled systems, the maximum efficiency and 

output power are reduced to the forms 𝜂 ≈ Θ/4 and 𝑃 ≈ 𝑃 Θ/4. 
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2.6 Experimental Validations: A Case Study for a Weakly 

Coupled RIC System 

A RIC WPTS is implemented to experimentally validate a key finding in Section 

2.2 that the maximum output power is proportional to the drive frequency squared at the 

weak coupling regime. The experimental setup is shown in Figure 2.10. The receiver coil 

is a 3 cm diameter 6–turn solenoid coil composed of 16 AWG (1.291–mm diameter) 

copper wire. A resonator is formed at the receiving side by connecting an external 

capacitor in parallel with the receiver coil. This configuration eliminates the effects of the 

parasitic capacitance (of the receiver), in which the effective capacitance is now a 

summation of the added capacitance and that parasitic capacitance. The frequency range 

of interest is within (0, 250] kHz, which is also a typical operating frequency range of a 

ME WPTS. In this case, the frequency–dependent resistance of the coil (also known as 

AC resistance) is negligible [57]. Therefore, the coil series resistance can be considered 

constant and only contains a DC resistance. The transmitter coil is a 15.56 cm diameter 

9–turn solenoid coil made of 16 AWG (1.201–mm diameter) copper wire. 

The receiver is placed along the centerline of the transmitter and at a distance of 

10 cm. The planes of both coils are in parallel (i.e., there is no misalignment). The 

squared coupling coefficient between the transmitter and receiver of the particular system 

under investigation is approximately 𝑘 ≈ 0.01%, obtained by COMSOL simulation. 

Since the coupling is weak, the transmitter coil acts as a pure magnetic field generator. 

An E&I 240L class A linear power amplifier was used to supply the transmitter coil with 

a high–frequency current. The B–field strength produced at the location of the receiver is 

measured by a MC110A magnetic field sensor (manufactured by Magnetic Sciences 



39 
 

 

Inc.). In order to reduce the complexity of the experimental process, we choose not to 

form a resonator at the transmitting side and normalize the maximum delivered power 

with the B–field squared instead. This approach does not affect the relationship between 

output power and frequency. The load resistance is varied to determine its optimal value 

and the corresponding maximum power at each drive frequency. 

Figure 2.11 shows a comparison between the experimental data and a quadratic 

approximation of the form 𝑦 = 𝑎𝑥 , where 𝑦 is the normalized power 𝑃/𝐵  and 𝑥 is the 

frequency. The coefficient 𝑎 = 3.108 × 10  is determined by MATLAB Curve Fitting 

Toolbox. The discrepancy between the measured and fitted quadratic curve is negligible, 

showing a quadratic dependence of the maximum output power on the drive frequency. 

This finding is consistent with the theoretical prediction. 

Performing experimental validations for a RIC WPTS is straightforward by using 

different external capacitors to adjust the resonance frequency of a given receiver coil. 

However, the validation process becomes more complicated for a ME WPTS, which 

requires many ME composites fabricated with various geometric dimensions to attain 

different resonance frequencies. Manufacturing multilayer and multi–material ME 

transducers at a small scale is challenging. Therefore, the experimental study on the 

power–frequency relationship for ME devices is left open in this work. Since a complete 

model taking the dynamics of both the transmitter and receiver has been thoroughly 

validated by rigorous experiments [30], [77], the theoretical analysis in Sections 2.4 and 

2.5 is still an appropriate framework for further investigations of other researchers in the 

field of ME WPT. 
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2.7 Discussion 

The derivations presented in Sections 2.2 and 2.3 hold independently of the 

receiver and harvester structures. However, when the coil geometry is subject to change, 

the EMF amplitude 𝑉  and the coil series resistance 𝑅 become functions of the number of 

turns 𝑁, the drive frequency 𝜔, and the geometric dimensions. In the low– and 

intermediate–frequency ranges (e.g., up to a few hundreds of kHz), 𝑅 slightly increases 

with 𝜔 and is approximately proportional to 𝑁 [78]. Meanwhile, 𝑉  can be considered 

proportional to both 𝑁 and 𝜔. Therefore, 𝑃  (and 𝑃) almost always increases with 𝑁 

and 𝜔, assuming that the other parameters such as the magnetic flux density 𝐵  and the 

surface area 𝑆 are kept unchanged. Therefore, increasing the number of turns and the 

operating frequency is preferable. These characteristics are more important in energy 

harvesting systems that operate at very low frequencies, such as ones that scavenge 

magnetic energy from a power line [79]. 

On the other hand, 𝑅 increases exponentially with 𝜔 in higher frequency bands 

(e.g., sub–MHz). A small change of 𝑁 may lead to a substantial increase of the overall 

value of 𝑅 due to the eddy current and the proximity effect [80]–[83]. Thus, considering 

the geometry optimization problem is essential under this scenario, especially when the 

volume or area is constrained. This concern is out of the scope of the chapter and is left 

open for further study.  

The quadratic dependence of the maximum output power and efficiency on the 

drive frequency observed in Sections 2.2 and 2.3 is only valid in a frequency range in 

which the change of the coil series resistance with frequency is small. In order to 

emphasize this property, without loss of generality, we consider an example where two 
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identical spiral coils form a RIC WPTS. The relevant parameters and equations for 

computing the example are detailed in Section 2.9. The results are presented in Figure 

2.12, showing the variation of the coil resistance 𝑅 in terms of the operating frequency 

for a given coil geometry and the frequency response of the largest possible transfer 

efficiency of the considered RIC WPTS. In particular, for 𝑓 ≤ 200 kHz, 𝑅 is nearly 

constant, and therefore, both 𝑃 and 𝜂 are proportional to 𝜔 . However, in a higher 

frequency range, 𝑅 increases dramatically and causes a significant decrease in the 𝑄–

factors. As a consequence, 𝑃 and 𝜂 reduce with frequency. 

The power and efficiency expressions presented in Sections 4 and 5 are valid 

when the demagnetization effects are negligible. For magnetostrictive materials with very 

high permeability, Metglas for example, the demagnetizing field could significantly 

decrease both the power and efficiency and thus cannot be ignored [84]. Maximizing 

transferred power and efficiency associated with the geometry optimization problem 

becomes much more complicated when taking the demagnetization phenomenon into 

account. Therefore, using numerical methods to find optimal solutions is more 

appropriate than analytical counterparts. However, it is essential to note that the presence 

of the demagnetizing field does not alter the relationship between power/efficiency and 

frequency, which is still linear with the assumption of a constant mechanical quality 

factor. 

Human safety considerations are essential for WPTS used to provide power for 

biomedical implantable devices, regardless of their energy conversion mechanisms. The 

International Committee on Electromagnetic Safety (ICES, a subsidiary of IEEE) and 

ICNIRP have established safety standards for WPTS, especially for exposure to magnetic 
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and electric fields ) [27]–[29]. In particular, ICES has regulated Dosimetric Reference 

Limits (DRLs) for RF shocks (defined in terms of the electric field) and SARs for 

thermal heating inside the human body. For instance, the limits of the SARs are 0.4 W/kg 

and 10 W/kg for the whole–body and localized exposures, respectively. Such restrictions 

are very challenging to measure or predict. Thus, Exposure Reference Levels (ERLs) 

have been introduced as an alternative. Most of the ERLs are defined as the maximum 

allowable magnetic flux density with respect to the wave frequency, making them much 

more convenient to assess. For example, the permissible B–field strength at 100 kHz is 

100 𝜇T while that at 6.78 MHz is 0.29 𝜇T. Most importantly, the regulations based on 

ERLs are more conservative than those relied on SARs. In other words, a system 

complying with the ERLs also simultaneously satisfies the requirements of DRLs and 

therefore obeys the safety standards [85]. 

Up to this point, the relationship between a chosen operating frequency and the 

corresponding exposure reference level, and the relationship between the output power 

and an applied magnetic field, are relatively well–known. Exploring a direct dependence 

of power on frequency provides the last bridge connecting the triangle of power–

frequency–magnetic field strength. The obtained properties could serve as simple and 

efficient tools to estimate, design, and optimize the performance of a WPTS, especially 

when subject to safety restrictions. 

 

2.8 Conclusion 

We discussed four scenarios with two central objectives, maximum output power, 

and optimum efficiency, for two wireless power transfer systems based on resonant 
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inductive coupling and magnetoelectric effects. We unified the power and efficiency 

maximization problems for each architecture in the weak coupling regime, in which we 

found that both schemes yield the same optimal load and frequency. We also resolved the 

differences in the energy conversion of the two mechanisms by expressing the power and 

efficiency in similar general forms, respectively. We revealed the quadratic dependence 

of both quantities (power and efficiency at their maximum) on drive frequency for a 

resonant inductive coupling system. In the case of a magnetoelectric configuration, these 

relationships become linear under a constant mechanical quality factor condition.   

Although the two considered wireless power transfer techniques have been 

extensively studied in the literature, the findings presented in this chapter could provide a 

more insightful understanding of their performance. In addition, the results can be 

extended to other relevant systems that share similar physics, such as inductive energy 

harvesting or magneto-mechano-electric (sometimes referred to as electrodynamic) 

wireless power transfer. Therefore, the perspective and the approach we chose here could 

be beneficial to a wide variety range of fields. 

 

2.9 Supplemental Information  

2.9.1 Current and Magnetic Field Relationship of 

 a Thick Coil with a Rectangular Cross Section 

 
Λ =

𝐻

𝐼

=
1

4𝜋(𝑧 − 𝑧 )(𝑟 − 𝑟 )

(�̃� − 𝑟cos𝜑)�̃�

(𝑟 + �̃� − 2𝑟�̃�cos𝜑 + (𝑧 − �̃�) ) /
�̃�𝜑�̃�. 

(83) 

The geometric dimensions of a thick coil that carries an (effective) input current 
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of 𝐼 are shown in Figure 2.13. The notations are defined as follows. 𝑟  (𝑟 ) – the inner 

(outer) radius. 𝑧  (𝑧 ) – the lower (upper) height. 𝑡  – the total thickness of the coil, 

usually 𝑧 = −𝑧 = 𝑡 /2. For the sake of simplicity, we assume that the ME transducer is 

in parallel with the centerline of the transmitter coil, hence 𝐻 = 𝐻 (𝑟, 𝑧). The parameter 

Λ  is then given by equation (83) [86], where �̃�, 𝜑 and �̃� are the integration variables, 

𝜑 = 0 and 𝜑 = 2𝜋. This three-dimensional integral can be numerically computed by 

the function [integral3] in MATLAB. An alternative form of 𝐻 = 𝐻 (𝑥, 𝑦, 𝑧) expressed 

in the Cartesian coordinates can be found in [87]. 

 

2.9.2  Approximations of Electromechanical 

 and Electrodynamic Figures of Merit 

We first assume that the mechanical impedance 𝑍 in (34) can be approximated by 

a mass–spring systems {𝑚, 𝐾 } such that 𝜔𝑚 − 𝐾 /𝜔 ≈ 𝑍(𝜔) for all 𝜔. The 

electrodynamic and electromechanical coupling coefficients are defined by [88], [89]  

 
𝑘 =

Γ

(Δ𝐾 + 𝐾 )𝐶
=

Γ

Γ + 𝐾 𝐶
, 

(84) 

 
𝑘 =

Ψ

(Δ𝐾 + 𝐾 )𝐿
=

Ψ

Ψ + 𝐾 𝐿
. 

(85) 

The corresponding expedient coupling coefficients [90] (also known as generalized 

coupling coefficients [91]) are given by  

 
𝑘 , =

𝑘

1 − 𝑘
=

Γ

𝐾 𝐶
, 

(86) 

 
𝑘 , =

𝑘

1 − 𝑘
=

Ψ

𝐾 𝐿
. 

(87) 

The electromechanical and electrodynamic figures of merit can be written  
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𝑀 =

Δ𝐾

𝜔𝑏
=

Γ

𝐶 𝜔𝑏
= 𝑘 ,

𝑚𝜔

𝜔𝑏
, 

(88) 

 
𝑀 =

Δ𝐾

𝜔𝑏
=

Ψ

𝐿 𝜔𝑏
= 𝑘 ,

𝑚𝜔

𝜔𝑏
 

(89) 

where 𝜔 = 𝐾 /𝑚 and 𝐾 = 𝑚𝜔 . Usually, the operating frequency of a ME WPTS is 

close to the resonance frequency, 𝜔 ≈ 𝜔 . Therefore, 𝑀  and 𝑀  are approximately  

 𝑀 ≈ 𝑘 , 𝑄 , (90) 

 𝑀 ≈ 𝑘 , 𝑄  (91) 

where 𝑄 = 𝜔𝑚/𝑏 is the mechanical quality factor of the ME receiver at its resonance 

frequency. 

 

2.9.3 Spiral Coil Modeling  

While many different types of coil can be used for a WPTS, here we chose a 

spiral coil structure for the purpose of demonstration since the mathematical model for 

estimating its electrical properties, such as inductance and series resistance, is quite 

straightforward. Figure 2.14 shows the geometry of a spiral coil, in which 𝑑  and 𝑑 are 

the inner and outer diameters. The copper track thickness, width, and the spacing between 

two tracks are denoted as 𝑡 , 𝑤, and 𝑠, respectively. 

The equations to compute the coil inductance and total resistance are reported in 

[57] and summarized as follows.  

 𝑑 = 2(𝑑 /2 + (𝑛 − 1)𝑠 + 𝑛𝑤), 

 𝛽 = (𝑑 − 𝑑 )/(𝑑 + 𝑑 ), 

 𝑑 = (𝑑 + 𝑑 )/2, 
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 𝐿 = [ln(
.

) + 0.2𝛽 ], 

 𝑑 = 𝑑 − (𝑤 + 𝑠)𝑛/2, 

 𝑙 = 𝜋𝑑 𝑛, 

 𝐴 = 𝑤𝑡 , 

 𝑅 = 𝜌 , 

 𝛿 = , 

 𝑅 = 𝑅
( ( / )) /

, 

 𝑅 = ( ) , 

 𝜔 =
. ( )

, 

 𝑅 = 𝑅 + 𝑅 + 𝑅 . 

For copper conductors, the permeability is approximately 𝜇 ≈ 𝜇 , where 𝜇 =

4𝜋 × 10  N/A  is the permeability of free space. 𝑅  represents the DC loss of the 

conductor. 𝑅  and 𝑅  are the frequency–dependent components of the resistance 

due to the skin and proximity effects, respectively. The summation (𝑅 + 𝑅 ) is 

also known as AC resistance, instantaneous resistance, or dynamic resistance. 𝛽 is 

referred to as the fill–factor. 𝛿 is the skin depth. 𝜌 is the resistivity of the material, 𝜌 =

1.68 × 10  Ωm for copper at 20∘C. 𝑙  and 𝐴  are the length and the cross–sectional area 

of the conductor, respectively. 𝜔  is the critical frequency at which current crowding 

begins to occur. A RIC WPTS formed by two identical coils is considered, hence 𝑄 =

𝑄 = 𝜔𝐿/𝑅. The number of turn of each coil is 𝑛 = 10. The coupling coefficient 

between the transmitter and receiver is arbitrarily chosen as 𝑘 = 1 %. The particular 
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parameter values used are 𝑑 = 1 cm, 𝑤 = 3 mm, 𝑠 = 2𝑤 (the inductance of a circular 

spiral coil is accurately predicted with less than 8 % error for 𝑠 ≤ 3𝑤), and 𝑡 = 35 𝜇m 

(for standard plated printed circuit board). 
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Figure 2.1 Concepts of a weakly-coupled wireless power transfer system and an inductive 
energy harvester. 
 

 

 

Figure 2.2: A general model of a coil resonator as a magnetic energy harvester or 
receiver. 

 

 

 

Figure 2.3: The'venin equivalent circuit. 
 

  

Transmitter
Receiver or Harvester
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Figure 2.4: Simplified model for low frequency operation. 
 
 
 

 

Figure 2.5: Simplified model for intermediate frequency operation. 
 
 

 

 

Figure 2.6: Simplified model for high frequency range. 
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Figure 2.7: Maximum achievable transfer efficiency in percentage of a RIC WPTS with 
respect to a figure of merit 𝑘 𝑄 𝑄 . 
 

 

 

Figure 2.8: Concept of a magnetoelectric-based wireless power transfer system. 
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Figure 2.9: A complete model of a ME WPTS. 

 

 

 

Figure 2.10: Experimental setup of a weakly–coupled inductive wireless power transfer 
system. 
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Figure 2.11: Maximum transferred power with respect to drive frequency. 

 

 

Figure 2.12: An example of the dependence of the coil series resistance and maximum 
transfer efficiency on the drive frequency. 
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Figure 2.13: Geometry of a thick coil carrying a uniform current density. Here, I is the 
effective current flowing in the coil. 
 

 

 

 

Figure 2.14: Geometry and parameter definitions of a spiral–shaped coil. 



 
 

 

 
 
 
 

CHAPTER 3 
 

 
 

3. OPTIMAL TRANSMIT COIL DESIGN FOR WIRELESSLY POWERED 

BIOMEDICAL IMPLANTS CONSIDERING MAGNETIC FIELD 

 SAFETY CONSTRAINTS 

 
 

This chapter is on developing an optimal design process that maximizes the B-

field at the receiver while considering B-field exposure limits, transmitter size, and 

transmitter power constraints. I would like to acknowledge the work of Curtis Casados 

for his help in running the experimental verification and Binh Duc Truong for his help as 

an advisor.  

© 2021 IEEE. This work has been adapted and reprinted with permission from E. 

Andersen, C. Casados, B.D. Truong and S. Roundy, “Optimal transmit coil design for 

wirelessly powered biomedical implants considering magnetic field safety constraints,” 

IEEE Transactions on Electromagnetic Compatibility, vol. 63, no. 5, 2021. 

 

3.1 Introduction 

Human safety considerations must be paramount in any WPTS for biomedical 

implants, including ME and resonant inductive coupling (RIC). This safety concern is 

why optimal design rules of other WPTS cannot be generally applied to WPTS that 

operate near or within the human body. The safety standards are shown in Figure 1.3, 
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which is reshown here for ease of reference. As the frequency of the WPTS increase, the 

allowable B-field decreases except for some regions in the Hz and kHz frequency range. 

For example, according to [27], [28], the allowable magnetic flux density (B-field) at 100 

kHz is 100 𝜇𝑇 compared to 0.29 𝜇𝑇 at 6.78 MHz. Therefore, there is an incentive to 

explore methods to achieve WPT with very small receivers that operate efficiently at 

lower frequencies. Especially for systems that can operate near the 100 kHz corner 

frequency range.   

ME WPTS at mm to cm size scales naturally operate in the low kHz frequency 

range. Most small ME transducers' mechanical resonance is on the order of 100 kHz. An 

illustration of a ME WPTS is shown in Figure 3.1. A ME transducer is utilized as a 

receiver, which converts a magnetic wave produced by a transmit coil to electrical power 

to supply a biomedical implant. The operation principle of a ME receiver was thoroughly 

investigated in [77]. The authors showed that the maximum possible power that can be 

delivered to a load 𝑃  is proportional to the square of the magnetic field amplitude 𝐻 . 

In particular, 

𝑃 =  
1

8

(𝛤 𝐻 )

𝑏
 (92) 

where 𝛤  is the electrodynamic transduction factor and b is the mechanical damping 

coefficient. 𝛤  is a function of the geometry and material parameters of the ME 

transducer. Meanwhile, b is solely dependent on the mechanical properties of the 

receiver. For a given receiver structure implanted inside the human body, both 𝛤  and b 

are determined ahead of time. Therefore, maximizing 𝑃  by optimizing 𝐻  generated at 

the implant location (which can be accomplished by an appropriate design of the 

transmitter geometry) is of great interest to study. 
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The optimal design problem is to design the transmit coil to maximize the  

magnetic field at the location of the implant, subject to design constraints, while ensuring 

the magnetic field exposure is below the safety constraint at any point inside the human 

body. For instance, if the implant is 10 mm below the surface of the skin, one would seek 

to design a transmitter that maximizes the magnetic field at 10 mm below the surface of 

the skin while ensuring that the magnetic field at the surface of the skin (or anywhere else 

inside the body) is below the limits of the relevant safety standard. The idea behind this 

approach is that by determining the maximum achievable B-field at the implant, the 

designer can then design a receiving transducer to achieve the required power from this 

magnetic field.  

An alternative approach would be to first design the receiver, and then determine 

the required B-field that will provide adequate power. The analysis presented in this 

chapter is reversible such that the equations developed could also be used for this 

alternative approach. While this chapter focuses on ME WPTS, a similar analysis can be 

extended to an inductive coupling WPTS. In general, increasing the B-field at the 

receiver will increase the maximum power that can be delivered to the load. We also note 

that, when designing a RIC WPTS, other relevant parameters such as system coupling, 

resonance, coil quality factor, and impedance matching should be considered. These 

factors are out of the scope of this chapter because, unlike ME WPTS, it may not be safe 

to assume that the transmitter dynamics can be decoupled from the receiver because of 

the potentially higher coupling between the transmit and receiver coils in some RIC 

WPTS. Thereby designing the optimal transmit coil that maximizes power delivered to 

the load no longer solely depends on maximizing the B-field at the receiver. However, for 
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RIC WPTS with weak coupling, (𝑘 𝑄 𝑄 ≪ 1), these parameters may be less relevant 

and the analysis in this chapter may be more directly applicable. 

  For a ME WPTS, it is indicated that the optimal coil diameter that maximizes the 

transferred power depends upon the distance between the transmit coil and the ME 

receiver [30]. A bigger coil is more suitable for a large transfer range in general, and a 

smaller transmitter is preferable for a close distance. However, this argument may no 

longer hold when subject to the safety standards and systems constraints, which the 

authors have not considered. Furthermore, universal rules to design an optimal 

transmitter have not been revealed yet.  

In an implantable system, it is likely that the receiver is much smaller than the 

transmitter, and the distance between them is much larger than the size of the receiver. 

These unavoidable mismatches result in a weak coupling. Therefore, WPTS used in 

biomedical applications typically have a low transfer efficiency, which is usually less 

than 1 %. For instance, the overall efficiency of the system reported in [77] was only 0.12 

%. Thus, the impedance reflected onto the transmit coil from the ME transducer can be 

disregarded. Additionally, if the operating frequency is low enough, the receiver is 

potentially much smaller than the electromagnetic wavelengths (e.g., at 1 GHz the EMF 

wavelength is 30 cm). These assumptions allow us to optimize the transmitter geometry 

without taking into account the appearance of the receiver; in other words, the transmitter 

can be considered purely as a magnetic field source.  

With a focus on supplying low-power bioelectronics, we treat the actual power 

delivered to the load as the key metric of a ME WPTS. In this chapter, the central 

objective is to generalize design rules to attain a desired transmit coil. The questions on 
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optimizing the overall transfer efficiency or designing a fully optimal system are left 

open for further investigation.  

This chapter proceeds as follows. The motivations and central objectives of the 

work are given in the Introduction. Optimal transmitter designs considering only safety 

constraints are then explored. Further design constraints are then incorporated. These 

constraints include transmit coil size and placement constraints, and transmit current 

constraints. A case study is presented in which optimal transmit coils (for ME-based 

WPTSs) are designed and experimentally validated. Next is a discussion of generalized 

design principles and an optimal design process. And finally the concluding sections 

further discuss alterations on the constraints, such as needing a minimum air gap between 

the transmit coil and the skin, and how constraining power instead of current affects the 

optimal design process.  

 

3.2 Transmit Coil Optimization  

Due to its ease in manufacturing and well described magnetic wave propagation 

properties, solenoids are often chosen as the geometry for electromagnets. For a solenoid 

based transmit antenna, the B-field at a WPT receiver attached to a biomedical implant 

located inside a human body is dependent upon the following factors: (i) The distance 

into the body of the implant, 𝑍 ; (ii) The input current density, 𝐽; (iii) The coil 

thickness, 𝑡; (iv) The inner and outer radii, 𝑟  and 𝑟 , respectively; and (v) The gap 

between the transmit coil and  the skin, 𝑏, [86]. The definitions of these parameters are 

shown in Figure 3.2.  The B-field is considered a function of current density, i.e. current 

per area, instead of the actual current. This alternative is convenient to generalize the 
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design of the solenoid transmitter. For example, a 10 turn solenoid with a 1 amp of RMS 

current is equivalent to a 1 turn solenoid with 10 amps of RMS current in terms of the 

field generated, assuming the radii of the two solenoids are equal. However, the quality 

factor, Q-factor, of each transmit coil will be different, which can affect the overall 

transfer efficiency of the system. Nonetheless, the available power at the receiver of the 

two cases are identical since the corresponding B-field strengths at the receiver are equal 

in principle.   

The objective is to maximize the power that can be transferred to an electrical 

load, which correlates to maximizing the B-field at the biomedical implant without 

violating a magnetic field safety limit. Hence, the constrained optimization problem 

becomes  

max 𝐵(𝑟 , 𝑟 , 𝑡, 𝑏, 𝑧, 𝐽) 𝑎𝑡 𝑧 = 𝑍 + 𝑏 

𝑠. 𝑡.    𝐵(𝑟 , 𝑟 , 𝑡, 𝑏, 𝑧, 𝐽) < 𝐵  ∀ 𝑍 .  
 (93) 

Solving the optimization problem in this form involves calculating the B-field 

produced by a solenoid which is given by  

𝐵 =
𝜇

4𝜋
𝚥 𝑑𝑣 ∧

𝑟 − 𝑟⃗

𝑟 − 𝑟⃗
 (94) 

where 𝚥 is the current density, and 𝑟 − 𝑟′⃗ is a space vector between a point where the 

magnetic field is calculated and a location inside the solenoid conductor.  

Generally, for any point, (94) may necessitate evaluating elliptical integrals. 

Therefore, the problem was solved numerically using gradient-based optimization 

algorithms subjected to a safety limit constraint. Through this numerical optimization, 

several trends quickly emerge.  As expected, there is always an ideal alignment between 
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the solenoid and the biomedical implant, in which the receiver lies along the coil center 

axis. The optimal thickness, 𝑡, and the difference between the inner and outer radii, 𝑟 −

𝑟 , are much smaller than the inner radius of the coil. The optimization pushes the design 

of the solenoid transmit coil to closely resemble a current loop. Using this insight, the 

governing equations for calculating the B-field for the solenoid along its z-axis can be 

simplified to  

𝐵 =
𝜇

4𝜋

2𝜋𝑅 𝐼

(𝑧 + 𝑅 )
 (95) 

where B is the B-field produced along the centerline at some distance z away by a current 

loop with a radius R, and current I, operating in some space with magnetic permeability 

𝜇. For human tissue, the magnetic permeability is equal to that of free space [92]. 

Equation (95) will be shown to be a good approximation for the solenoid magnetic field 

when compared with (94), COMSOL simulations, and an experimentally measured 

solenoid B-field in Section 3.3 on model validation.  

 

3.2.1 Unconstrained Wireless Power Transmitter Optimization 

The maximum achievable B-field at a point located 𝑍  distance inside the 

body, 𝐵 , can be represented as  

B = 𝛤B  (96) 

where 𝐵  is the maximum safe exposure limit, and Γ is a ratio less than or equal to 

one. If the B-field were completely uniform along the z-axis (see Figure 3.2), Γ would 

be equal to 1 and 𝐵  would be as high as it is allowed by the safety standard. If there 

are no constraints placed upon the size or power consumption of the transmit coil, the 
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optimization process does in fact result in a transmit coil that emits a near-uniform 

magnetic field along the z-direction just under the imposed safety constraint (i.e., Γ ≈

1). In order to create this nearly uniform B-field, the transmit coil is tremendously large, 

with the radius of the coil much greater than the depth of the biomedical implant, and 

uses extremely high currents. However, this solution represents a highly idealized case 

that is unrealistic for practical design situations where available space and power are not 

infinite.  

Therefore, this chapter will examine how the optimal design of the transmit coil 

for a WPT system is affected by both magnetic field safety constraints and either 

geometric/size constraints or power/current constraints. This investigation will provide 

useful insights into design rules for optimizing the achievable power at a biomedical 

implant without exceeding the magnetic field safety limit. The solutions to the 

constrained optimization problem differ significantly from the unconstrained case. The 

optimal design no longer produces a uniform magnetic field. The optimal B-field shape 

differs based upon the given constraints. 

 

3.2.2 Geometrically Constrained Transmitter Optimization 

Given the fact that the optimal transmit coil design resembles a current loop with 

the B-field described by (95), the geometric constraints consist of a constraint on the 

maximum radius of the coil, 𝑅, and the minimum and maximum distance that the coil can 

be placed from the skin, 𝑏. If geometric constraints are imposed, the solution to the 

optimization problem yields an optimal coil design whose radius is equal to the geometric 

constraint: R is as large as the constraint will allow. As the minimum distance constraint 
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is active, the air gap between the transmit coil and the skin should be minimal. Assuming 

that the transmit coil can be placed right at the skin (i.e., 𝑏 = 0), the required current in 

the optimal transmit coil is  

𝐼 = 𝐵
2𝑅

𝜇
 (97) 

where the radius R of the coil is equal to the geometric constraint limit, and 𝜇 is the 

magnetic permeability of the human body, which can be considered to be identical to that 

of free space. Equation (97) is derived using (95) and solving for the current that would 

result in a magnetic field at the safety limit at z = 0, or at the skin. 

One interesting result of this optimization process is that the air gap should 

always be minimized. In other words, it is never beneficial to increase the air gap as it 

simultaneously requires an increase in the operating current of the transmit coil to 

compensate for the B-field at the implant location. The justification for this result is seen 

by examining the shape of the B-field produced by a current loop. Taking the derivative 

of (95) with respect to z yields 

𝑑𝐵

𝑑𝑧
= −

𝜇

4𝜋

6𝜋𝑅 𝐼

(𝑧 + 𝑅 )
𝑧. (98) 

Equation (98) shows that the slope of the B-field is always negative, and the most 

significant drop in B-field occurs close to the transmit coil. This principle is indicated in 

Figure 3.3, in which the B-field amplitude and its derivative in terms of the distance are 

presented for three coils with different radii. It should be noted that the corresponding 

optimal current of each coil is used. The B-field of the different sized coils falls at 

different rates depending on the radius of the coil. The smallest coil has a B-field with a 

high initial negative slope, while the largest coil B-field has a much lower initial slope. 
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The slope of the B-field is always negative and initially becomes more negative before 

flattening out and approaches zero at large distances. It is impractical to operate in the 

area where the slope is level, since this property occurs at distances much larger than the 

radius of the coil and would require very high currents. As analyzed in the previous 

section, such a method can only be implemented when the coil geometry and input power 

are not constrained, which are unfeasible.  

It is desirable to minimize the air gap as much as possible (ideally, b ⟶ 0). 

However, a non-zero small air gap may be necessary for some realistic circumstances. 

For many large coils, the magnetic field near the coil windings is stronger than that in the 

coil center. Depending on the input current, this phenomenon could cause B-field 

strengths at a small space near the coil windings to exceed the safety limit. If these 

scenarios take place, (94) can also be used to find the distance at which the B-field no 

longer violates the safety standard. The obtained value can be considered as the minimum 

required air gap. Section 3.5 outlines how the optimal design rules are modified when a  

non-zero constraint on the air gap is essential.  

The optimal design of the transmitter is a solenoid with its radius equal to the size 

constraint (i.e. maximum allowed), the air gap minimized to zero, and the excitation 

current is determined by (97). For this configuration, the maximum B-field at the implant, 

𝐵 , can be determined by solving (95)  with 𝑧 = 𝑍 . Making use of (97)  to 

define the B-field safety limit, 𝐵 , and referring back to (96), the ratio between 𝐵  

and 𝐵  can be derived as  

Γ =
𝐵

𝐵
=

𝑅

𝑍 + 𝑅

. (99) 
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Furthermore, if the radius of the transmit coil is written in terms of a constant, 𝑎, 

multiplied by the implant depth,   

𝑅 = 𝑎𝑍 , (100) 

 (99) is reduced to  

Γ =
𝑎

(1 + 𝑎 )
. (101) 

If the geometric radius constraint is framed in this sense (i.e., the maximum 

allowable coil radius is a times the depth of the implant), then (101) can be utilized to 

compute the maximum possible fraction of the safety limit for a given radius constraint. 

A demonstration of (101) is shown in Figure 3.4. As a summary, (101) defines the 

maximum achievable magnetic field for any implant depth solely as a function of the 

geometric constraint. 

Additionally, this process is reversible. If a particular magnetic field strength is 

required at the biomedical implant, (99) or (101) can be used to determine the minimum 

size coil that will produce the required magnetic field without violating the safety limit. 

For example, if the safety limit is 200 µT (IEEE standard for a 100 kHz magnetic field), 

and the necessary B-field for successful wireless powering of the implant is 150 µT (i.e., 

Γ = 0.75), then the transmit coil radius must be at least equal to 2.2 times the depth of 

the biomedical implant. 

 

3.2.3 Current Constrained Optimal Transmitter 

Attention is now turned to the case in which the electrical current serves as the 

design constraint, rather than the coil radius and placement (i.e., geometry). The goal of 
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the optimization problem is to find the current and radius combination that maximizes the 

B-field at the implant. As we expected, it is always the case that the optimal current is at 

the constraint, which is the maximum allowed. If we assume that the coil is placed as 

close to the skin as possible, the coil radius becomes the only remaining design 

parameter. The optimal coil radius is dependent on the given current constraint, the 

magnetic field safety limit, and the depth of the biomedical implant. 

When performing the optimization algorithm, subject to the current and safety 

constraints, we observed an important phenomenon. The optimal radius of the transmitter 

was either constant or a linear function of the implant depth 𝑍 . This behavior 

appears for any given set of the current constraint and safety limit. The distance at which 

the optimal radius changes its tendency is referred to as critical distance, 𝑍 , as defined 

in Figure 3.5 (a). The numerical results are illustrated in Figure 3.5 (b), which shows the 

optimal coil radius in terms of 𝑍  for different current constraints. It is essential to  

point out that 𝑍  obtains the value of 𝑍  at which the constant-optimal-radius line 

(parallel with the x-axis) intersects with the function 𝑅 = √2𝑍 . In addition, 𝑍  is 

dependent upon the current and B-field safety constraints. For instance, 𝑍 = 1.1 cm 

for a current constraint of 5 A and 𝑍 = 3.3 cm for 15 A. The magnetic field safety 

limit is 200 µT for both examples.  

As shown in Figure 3.5, if 𝑍 ≥ 𝑍 , the optimal radius is 

 𝑅 = √2𝑍 . (102) 

At the critical point, 𝑍 =  𝑍 , the optimal radius in (14) can be rewritten as 

𝑅 = √2𝑍 . (103) 
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Furthermore, when 𝑍 ≤ 𝑍 , the optimal radius of the transmit coil is a constant 

(independent of 𝑍 ). Therefore, the relation in (103) holds for all 𝑍 ⋲

[0, 𝑍 ]. In this range of the implant depth, 𝑅  is dependent on both the current 

constraint and the safety limit. By substituting the electrical current constraint, 𝐼 , into 

(97), 𝑅  is obtained as follows 

 𝑅 = . (104) 

From (104) and (103), the closed form expression of the critical distance is given by 

 𝑍 =  
√

 , (105) 

It is important to note that 𝑍  is not an independently chosen parameter, but rather is a 

function of the magnetic field safety limit and current constraint. 𝑍  plays an essential 

role in the design process as it represents the distance at which the optimal design path of 

the transmitter changes.  

In order to further gain insight into the origins of (102) and (103), we now 

consider these two cases analytically. In either circumstance, the optimal radius is equal 

to a distance multiplied by the square root of two. The reason for this fact can be 

examined by looking at the optimization problem with and without the safety concern. If 

there is no magnetic field safety limit, but only a current constraint, the optimization 

problem is simplified. Once again, the maximum B-field occurs when the current 

constraint is active. The optimal radius can be found by setting the derivative of (95) with 

respect to the radius, 𝑅, equal to zero, which yields 

 =
( )

= 0. (106) 
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Solving (106) for 𝑅 gives  

 𝑅 = √2 𝑧. (107) 

With the goal of maximizing the B-field at 𝑧 = 𝑍 , (107) is identical to 

(102).  In that sense, (102) is equivalent to the optimal design of a current constrained 

transmitter without regard to the magnetic field safety limit, or if the magnetic field 

safety constraint is not active for a given system. It should be noted that the solution to 

(102)  results in a unique radius for every different implant depth, 𝑍 . However, 

using (102) for all current constrained WPTS could violate the safety constraint in some 

circumstances, specifically at shallow depths. In these situations, there is a single optimal 

coil design for which the current is equal to the constraint and the radius of the coil is set 

such that the B-field is just under the safety limit at the skin. (104) shows the optimal coil 

radius for this scenario. In this regard, 𝑍  represents the distance at which the safety 

constraint switches from being active at the skin to be being non active. 

It is useful to analyze the two different modes of operation in the investigation of 

the optimal coil radius by looking at a specific example. These modes are illustrated in 

Figure 3.6, in which the current constraint is set at 10 A, and the maximum achievable B-

field, 𝐵 , is expressed as a function of the coil radius for different implant depths  

starting at 𝑍 = 0 (i.e., the implant is right at the skin). The safety constraint for 

this example is 200 µT, 𝐵 ≤ 200 µT. We note that if 𝑍 = 0, the safety limit is 

reached for a coil radius of 3.16 cm. The B-field at the location of the implant, which is 

also at the surface of the skin, is 200 µ T (Γ = 1). As the depth of the implant becomes 

larger, 𝐵  decreases. Taking 𝑍 = 1 𝑐𝑚 for example, 𝐵 = 173 µ T. The 

optimal radius is still 3.16 cm since the magnetic field at the surface of the skin is still 
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200 µT (Γ = 0.875), and any further decrease in coil radius would violate the safety 

constraint. However, if 𝑍  is between 2 and 3.5 cm, the shape of the 𝐵  curve 

changes. The optimal coil radius is now not only a function of the safety limit, but also a 

function of the implant depth. This is due to the fact that the safety constraint is no longer 

active. In other words, the coil radius that results in the highest 𝐵  does not produce a 

B-field at or beyond the safety limit anywhere within the body. For this example, the 

delineation between these two regimes, the safety constraint being active or not active, is 

at 𝑍 = 2.2 cm, which distance is equal to 𝑍  calculated using (105).  

If a certain Γ or B-field at the implant is required, the process of finding the 

minimum current is identical to the procedure outlined in the previous section, since the 

minimum coil radius that provides a certain Γ also requires the least current. The desired 

coil radius can be calculated using (101) and the corresponding minimum current can be 

achieved by (96). 

 

3.3 Model Validation and Case Study   

In order to validate the mathematical models and design insights, two transmit 

coils were constructed whose parameters are listed in Table 3.1. In order to reduce 

environmental impacts on the B-field, the coils were mounted to a support that raised the 

coils 21 cm above the lab table. The support was made of customized 3-D printed ABS 

plastic parts and aluminum beams and screws, as depicted in Figure 3.7.  

Each transmitter was supplied with 15 A of RMS current at 80 kHz, and the B-

field along each centerline axis was measured and recorded using a MC110A magnetic 

field sensor (Magnetic Sciences Inc.). A frequency of 80 kHz was chosen to minimize 
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sensor error in the measurements. The sensor was mounted on a modified 3-D printer 

which moved the sensor along the centerline of the coil’s z-axis, as seen in Figure 3.7. 

Magnetic field readings were taken every 2 mm. In Figure 3.8, the experimentally 

measured B-field using the MC110A sensor, the simulated B-field using both (94) 

(numerical) and (95) (analytical) solved using MATLAB, and a COMSOL 5.3a 

simulation for each coil along its z axis are compared. In the COMSOL simulation, the 

copper wire coils were modeled in air using the dimesions given in Table 3.1 in a 2D 

axisymmetric model. Using the magnetic field physics solver with a “finer” mesh, the 

coils were excited by 15 A RMS current at 80 kHz and the magnetic field was measured 

along the coils centerline.   

The experimental data match closely with those predicted by equations and 

simulations for both coils, generally within 5% error. The error of the MC110A sensor is 

listed at 5%, which explains these small discrepancies. The close agreement between the 

mathematical models and the COMSOL finite element analysis gives confidence in the 

assumption that (95) is valid for determining the B-field for solenoid transmitter. This 

lends creditability to optimization rules that were derived in the previous sections using 

these models. The experiments were conducted in air since the magnetic properties of 

tissue are almost identical to that of free space at low frequencies [6], [11], [93].  

The optimal design rules for transmit coils proposed in this chapter can be 

explored through a case study, in which the implant distance, 𝑍 , is 3 cm, 4 cm and 

5.5 cm. The transmitter has both size and power constraints. In particular, it must be 

capable of being handheld (coil radius under 20 cm) and has a current limit of 15 amps 

(RMS). The operating frequency of the transmitter is (arbitrarily) chosen as 73 kHz and, 



70 
 

 

as such, the B-field cannot exceed the IEEE safety limitation of 200 µT. At low 

frequencies, the attenuation of an applied B-field due to traveling through human tissues 

is negligibly small. Additionally, it is assumed that the coil can be placed right at the 

skin. 

With the B-field safety limit given, 𝐵 ≤ 200 𝜇𝑇, the next step is to determine 

if the size or current is the limiting constraint. We first set the radius equal to the 

constraint, 𝑅 = 20 𝑐𝑚, and use (97) to calculate the required current, which leads to 𝐼 =

67.3 amps. Meanwhile, the design constraint is 15 amps, hence the current constraint will 

be the limiting factor. Now (102) - (105) are utilized to determine the optimal radius of 

the transmitter. Solving (105) for this system yields a 𝑍  of 3.33 cm, meaning that the 

first implant at 3 cm is located at a distance less than 𝑍  while the second and third 

implant distances, 4 and 5.5 cm, are greater than 𝑍 . Setting 𝐼 = 15 amps and using 

(103), the optimal radius for the first implant is 4.71 cm. For the latter two implants, 

(102) results in the optimal radii of 5.66 and 7.78 cm, respectively.  

Using (95), the B-field for each of the three solenoid coils with the 

aforementioned radii were presented in Figure 3.9. The smallest coil produced the highest 

B-field for any point up to 𝑍 , including the first implant depth of 3 cm. We note that 

the safety constraint is active only for the smallest coil for which 𝑍 < 𝑍 .  

Beyond 3 cm, the coils with the larger radii supplied higher B-fields at the larger 

implant distances. In particular, the B-field of the largest coil (7.78 cm radius) is the 

greatest at the 5.5 cm distance. The coil with the 5.65 cm radius produced the highest B-

field at the implant distance of 4 cm. However, it generated a B-field smaller than that of 

(i) the 4.71 cm radius coil for distances under 𝑍  and (ii) the 7.78 cm coil for distances 
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near the 5.5 cm implant. All coils maintained a B-field under the safety limit of 200 µT at 

every point along the z-direction. It is noted that the coils in Table 3.1 are the optimally 

designed coils for implants located at 4 and 5.5 cm. All three coils were built and 

experimentally shown that they maximized the B-field at their respective implant depths. 

As mentioned in Section 1.3, at low frequencies, the electric field is usually the limiting 

constraint. However, since the considered system does not violate the ERLs limit 

(defined in terms of the magnetic field), it does not violate the electric field DRL either 

[29]. This result was verified in a COMSOL simulation of the coil’s electric field.  

 

3.4 Design Considerations and Design Process   

The optimal design study and case study lead to the following three step 

generalized design process, which is illustrated graphically in Figure 3.10. 

1. Define system constraints 

a. Determine desired operating frequency of the WPTS based on system 

parameters and operating requirements. Based on chosen frequency, 

find the magnetic field safety limit according to the chosen standard, 

IEEE or ICNRP [27]–[29].  

b. Define either the geometric and/or current constraints for the WPTS 

based on the requirements of the operational scenario. 

2. Determine limiting constraint and set the corresponding design parameter at 

the maximum allowable value 

a. If there is only one constraint, that constraint is the limiting constraint. 

b. If there are multiple constraints, set the radius equal the design 
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constraint and calculate the required current using (97). If that current is 

below the current constraint, the radius constraint is limiting. 

Otherwise, the current is the limiting constraint. 

c. If there are no constraints other than the magnetic field safety limit, the 

optimal solution is to make a giant coil that produces a uniform B-field 

in the axial direction. This, however, is unlikely to be realistic. 

3. Solve for the optimal parameter(s) that are not the limiting constraint 

a. In all cases, minimize the air gap between the transmit coil and the 

subject body. If the air gap cannot be zero or close to zero, see Section 

3.5 for optimal design equations for a non-zero air gap.  

b. If the transmit coil radius is the limiting constraint, use (97) to 

determine the required current. Use (95) to calculate the corresponding 

maximum achievable B-field at the implant, 𝐵 . 

c. If the current is the limiting constraint, use (105) to determine 𝑍 . If 

the implant is located a distance greater then 𝑍 , use (102), otherwise 

use (103) to calculate the coil radius. Again, use (95) to determine Bmax. 

If there is no feasible solution (i.e. any design that meets geometric and/or current 

constraints does not produce a B-field at the implant that can provide the necessary 

power), the designer must loosen either the geometric or current constraints. An 

alternative possible solution would be to re-design the system for a much lower operating 

frequency at which there is a higher B-field safety limit. 

The central objective of the chapter is to design a transmit coil to maximize the B-

field at the implant location given safety, size, and current constraints. The idea behind 
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this approach is that by determining the maximum achievable B-field, 𝐵 , at the 

implant, the designer can then design a receiving transducer, especially the ME receiver 

presented in Section 3.1, to achieve the required power from 𝐵 . An alternative 

method would be to first design the receiver, and then determine the required 𝐵  that 

will provide adequate power. Under this scenario, (99) can be used to optimize the coil 

geometry and (97) can be utilized to determine the required current to achieve the desired  

𝐵 . 

Additionally, the design process introduced in this work assumes that the air gap, 

b, between the transmit coil and the skin can be minimized to be close to zero. This is 

because the maximum magnetic field for a WPTS for an implant always occurs when the 

air gap is zero or nearly zero. However, if there is a constraint on the system that does not 

allow the air gap, b, to be near zero, the equations derived in the previous sections can be 

adapted to maximize the B-field at the implant considering the non-zero air gap. The 

extended equations are explained in the Section 3.5. The general design process above 

applies equally to both scenarios when the air gap is zero or non-zero.  

In the interest of clarity, some important aspects of the transmitter have not been 

discussed here. The transmit coil will naturally be designed with copper wire with finite 

resistance that produces heat when current is applied. The generally recommended 

current density to avoid overheating of copper wire is between 5 – 6  . Once the 

optimal radius and current of the transmitter is determined, the thickness of the coil 

should be adjusted such that the current density does not exceed this limit. Moreover, the 

required current could be lowered by using smaller wire gages and an increasing number 

of terms. Previous work has been done on the optimal techniques to construct solenoids 
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consisting of multi-turn wires [94]–[96]. Finally, the efficiency of the transmitter system 

has not been considered in this study. The goal here was to optimize the transmit coil 

geometry. However, in most circumstances it is also important to design the transmitter 

electronics to either maximize the system efficiency or minimize the transmitter power 

consumption for a given produced B-field. This includes designing high Q transmit coils, 

which could improve the efficiency of the system. Nonetheless, the key conclusions, and 

attendant optimal design process, still hold and can provide a useful design guide. 

 

3.5 Power and Additional Constraints   

3.5.1 Non-Zero Air Gap with Geometric Constraints  

Having the air gap, b, equal to or nearly equal to zero is the optimal case for 

maximizing the B-field inside the human body. However, if this distance cannot be made 

close to zero, the design process proposed in this chapter can still be utilized with some 

modifications. For a WPTS that is geometrically constrained, the optimal transmit coil 

radius is still equal to the constraint limit even if b is non-zero. However, the optimal 

current in (97) now becomes 

 

𝐼 =
 

. (97a) 

Increasing the air gap, b, increases the optimal current, and an increase in b has a larger 

impact on the optimal current than an increase in the transmit coil radius, R.  

Additionally, a non-zero air gap causes (99) to change to 

 
Γ = . (99a) 
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Performing the same substitution as in the Geometrically Constrained Transmitter 

Optimization Section, and defining a ratio, a, the coil radius can be expressed as 𝑅 =

𝑎𝑍 , 𝑡ℎ𝑒𝑛  (101)  then takes the form 

 

Γ =  
  

  

. (101a) 

In order to get the same non-dimensional insight as (101), another ratio is added for the 

convenience. If the relationship between the implant depth and the air gap is expressed as 

𝑏 = 𝑐 𝑧  where c is a non-dimensional ratio, (101a) reduces to 

 
Γ =  

( )
. (101b) 

The effect of the air gap is illustrated in Figure 3.11. Generally, as the air gap  

(represented by 𝑐 in Figure 3.11) increases, the maximum achievable B-field decreases 

for a given size ratio, a. It is important to note that at a radius equal to zero, Γ can be 

numerically defined but that definition is trivial since there is no transmit coil.  

However, there appear to be cases where 𝑎 < 1 for which a non-zero air gap (c > 

0) seems to be beneficial and gives a higher Γ than the case with no air gap (c = 0). For 

example, see 𝑐 = 2 in Figure 3.11. This phenomenon is closely related to the 

unconstrained WPTS optimization presented in the Unconstrained Wireless Power 

Transmitter Optimization Section. In that case, the optimal solution is a large coil with 

high current that produces a uniform magnetic field just under the safety limit. The same 

effect can, in part, be duplicated by a tiny coil with extremely high current that results in 

a near-uniform magnetic field at some short distance (a < 1) away from the coil. These 

solutions, while valid, may be impractical since they often necessitate kilo-amperes of 
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current in a small (mm or smaller) coil. The same or greater Γ can be achieved by an 

alternative coil that has a radius greater than the implant depth, i.e., 𝑎 ≥ 1, while utilizing 

a much lower current.  

 

3.5.2 Non-Zero Air Gap with Current Constraints 

Just as in the original case with no air gap, the optimal current is always at the 

constraint and there are two different solutions for the optimal radius of the transmit coil. 

However, instead of the implant distance, 𝑍  only, the determining factor now is a 

combination of the air gap and 𝑍 . Similarly to 𝑍 , there is a critical air gap, 

𝑏 , in conjunction with 𝑍 , that determines the optimal radius for the transmitter. 

𝑏  is attained by solving the following equation,    

 
0 = 𝑢 𝐼

  

− 𝐵 . (105a) 

Given the complexity of the equation, numerical methods are more appropriate.  

If the WPTS has an air gap  𝑏 ≥  𝑏 , then the optimal radius of the transmit coil 

is 

 R =  √2(𝑍 + 𝑏), (102a) 

which is similar to (102) (when 𝑍 > 𝑍  and 𝑏 = 0). Indeed, the derivation of 

(13a) is identical to those of (102) and (107), except that  𝑧 = 𝑍 + 𝑏 is substituted 

into (106) instead of 𝑧 = 𝑍 .  

If 𝑏 < 𝑏 , the optimal radius of the coil 𝑅  is determined by 
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2 𝑏 + 𝑅  𝐵

𝐼 𝑢
− 𝑅 = 0. 

(103a) 

Similarly, using numerical methods are the most suitable. The explanation for (102a) and 

(103a) is identical to the justification for (102) and (103). The optimal coil radius without 

a magnetic field safety constraint is given by Eq. (102a). However, there exists a region, 

dependent on the air gap and also the implant depth, where using (102a) would cause the 

magnetic field safety constraint to be violated at the skin. Therefore, in order to avoid this 

behavior while still maximizing the B-field at the implant, the optimal radius is given in 

(103a). 

These principles are illustrated in Figure 3.12, which shows the B-field produced 

by optimal transmit coils for an implant located 2 cm beneath the skin with differing air 

gaps. Each WPTS has a current constraint of 15 A and a magnetic field safety constraint 

of 200 µT. Using (105a), the critical air gap for the given implant location and constraints 

is 𝑏 = 1.05 cm. The first two WPTSs with air gaps equal to 0 and 1 cm are cases 

where 𝑏 < 𝑏 , which implies that the solution of (14a) is the optimal radius for these 

WPTSs. It can be observed that the B-field at the skin, marked by a star on the graph, is 

at the safety limit of 200 µT for the two WPTSs under consideration. In scenarios when 

𝑏 > 𝑏 , the B-field at the skin is no longer at 200 µT. Moreover, the larger the air gap, 

the lower the B-field strength is at the implant.  

(103a) differs from (103) in that the optimal radius for transmit coils located 

below the critical distance is not constant, but rather polynomic. Figure 3.13 shows the 

radius of the optimal transmit coil as a function of the air gap, b, with differing current 

 constraints. The magnetic field safety constraint is set constant at 200 µT and 𝑧  = 
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2 cm for all systems.  

It is essential to note that the critical airgap, 𝑏 , is a function of current  

constraint, magnetic field safety limit, and 𝑧 . More importantly, there are 

combinations of constraints and implant depths for which 𝑏  is undefined. This implies 

that the optimal solution of (102a) will not violate the safety limit regardless of how 

small the air gap may be.  

Furthermore, depending on the imposed constraints, there may be two solutions to 

(105a) and (103a). However, one of them is nonsensical. In particular, (105a) may have a 

negative solution for 𝑏  which is invalid since 𝑏  is non-negative by definition. For 

Eq. (103a), both solutions to the optimal radius are positive however the larger radius is 

the feasible and preferable optimal radius. The other solution is usually too small, on the 

order of mm or smaller.  

 

3.5.3 Power Constraints Instead of Current Constraints for WPTS   

Previously, we assumed that the WPTS had a constraint on the amount of current 

in the transmit coil. This assumption was made because the B-field of the transmit coil 

depends solely on the current in the transmit coil. However, most RF power amplifiers do 

not have the user select a current setting but rather a power setting. This section will 

address how the design process changes when power is constrained instead of current.  

The approach is similar to the method described in Section 3.2.3, but the current is now a 

function of both power, 𝑃, and resistance, 𝑅 , described in  
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𝐼 =

𝑃

𝑅
 

(108) 

The resistance can be defined as  

 
𝑅 =

𝑁𝜌(2𝜋𝑅)

𝐴
 

(109) 

where 𝜌 is the resistivity of the solenoid material, 𝑁 is the number of turns of the 

winding, and 𝐴 is the cross-sectional area of the solenoid winding. Taking the derivative 

of (95) with respect to the radius, 𝑅, but with 𝐼 defined in (108) yields 

 𝑑𝐵

𝑑𝑅
=

−3√2𝐴𝑃𝜇

 𝑁𝜌√ 𝜋

(𝑅 − 𝑧 )

[(𝑅 + 𝑧 )
𝐴𝑃

𝑅𝜌𝑁
  ]

 = 0 
(110) 

Solving (110) while substituting in 𝑅 = 𝑅 and 𝑧 = 𝑍  to find the optimal 

coil radius for an implant located at 𝑧, yeilds 

 𝑅 = 𝑍 . (111) 

For reasons identical to the ones given in Section 3.2.1, this solution is valid in the region 

for implants where 𝑍 > 𝑍 . For implants located at a distance less than 𝑍  the 

optimal solution is  

 𝑅 = 𝑍  (112) 

where 𝑍  is now defined as 

 
𝑍 =  . 

(113) 

These equations, (111 ) - (113) are very similar to their counterparts in the current 

constraint sections, (102)-(103), (105), expect the slope of the linear relationship is 

different ( 1 vs. √2) and the definition of 𝑍  differs. In (113) 𝑍  is a function of 
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𝐵  to the two-thirds power versus 𝐵  to the first power in (105).  

Using an example to further illustrate these rules, we construct three optimally 

designed coils for implants located at 4, 6 and 8 cm inside the body. The WPTS system 

has a power limit of 0.85 W and must not exceed a 200 𝜇T safety constraint. The 

solenoid coil will be composed of copper, where 𝜌 = 1.68 𝑥10  Ωm, 𝑁 = 1, and with 

𝐴 =  10 m2. For this system, 𝑍  is 4.3 cm. The three optimal radii for the transmit 

coils are 4.3, 6, and 8 cm. The B-field generated by each of these optimally designed 

coils is shown in Figure 3.14, where the maximum B-field at each implant occurs with its 

optimally designed transmit coil.  

We assumed the cross-sectional area of the different radii solenoid transmit coils 

is constant for this analysis. This assumption reflects what we see as the practical 

application of these design rules when the designer has different sets of standard gauges 

of conductive wire available and is using them to build an optimal transmit coil and 

therefore needs to know the correct size coil to construct. Using a larger cross-sectional 

area leads to higher current as the resistance will drop and is an option for a designer to 

increase the B-field at the receiver if they are limited by power.  Additionally, as 

mentioned above, care must be taken to ensure that the current going through the 

transmitter is less than 6   to avoid overheating for copper wire.  

Additionally, the resistance we examined in the above analysis is the solenoid 

coil’s DC resistance. When operating at high frequencies, AC resistance also becomes a 

factor. However, the AC resistance of a coil is equal at a given frequency for a given 

solenoid cross-sectional area, as long as the coil’s wire radius is greater than the skin  

depth. The ratio between the coil length and its cross-sectional area as defined in (109) 
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does not change for AC resistance, meaning that the conclusions we draw will still be 

valid, but the overall current for a given power will be lower as the frequency is 

increased. Practically, the frequency is usually chosen by the designer based on the 

receiver design and the safety limits and not based on minimizing AC resistance.   

 

3.6 Conclusion    

The optimal design for a transmit coil to power biomedical implants while staying 

below a magnetic field safety limit depends heavily on the system constraints (such as, B-

field safety constraint, transmit coil geometry, and current consumption) and the depth of 

the biomedical device. If there are no additional constraints besides the magnetic field 

safety limit, a near uniform magnetic field can be created through large coils with high 

currents. However, if size constraints are applied, the optimal coil radius will be at the 

constraint (i.e., the maximum allowable radius). The current that maximizes the B-field at 

the implant while not violating the B-field safety constraint at the surface of the skin can 

be calculated accordingly. In this case, the strength of the maximum achievable magnetic 

field depends solely on the size constraint. The equations are applicable for the reverse 

problem as well. Given a minimum needed magnetic field, the necessary coil size and 

current can be found. Additionally, there is no benefit to operating with any air gap 

between the transmitter and the human body due to the nature of the magnetic fields 

produced by a current loop. 

The design rules for an optimal wireless power transmitter given a current 

constraint differ from the geometrically constrained case. The maximum magnetic field 

occurs when the current constraint is active. The optimal radius of the transmitter is 
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dependent upon the depth of the medical implant, the magnetic field safety limit, and the 

current or power constraint. A critical distance, 𝑍 , was found such that for any implant 

depths less than 𝑍 , the safety limit constraint is active and the optimal radius is not a 

function of the implant depth, but only of the current constraint and safety limit. For an 

implant depth greater than 𝑍 , the safety limit constraint is not active and the optimal 

radius becomes a linear function of the implant depth. These design guidelines were 

experimentally validated and shown to hold true for a constructed case study.  
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Figure 3.1 A full system diagram of a magnetoelectric transducer WPTS. The power 
generated by the receiver is positively correlated with the strength of the B-field. The 
system is weakly coupled, implying that the transmitter dynamics can be examined 
independent of the receiver. 

 

 

 

Figure 3.2 Coil optimization parameters labeled with a cross-sectional view of the 
solenoid. The z axis origin is in the middle of the solenoid coil, with an air gap between 
the coil and the body. The distance into the human body along the z axis is 𝑍  and the 
biomedical implant is located at a fixed distance of  𝑍 , measured from the skin, 
into the human body [97]. 
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Figure 3.3 B-field amplitude and its derivative with respect to the distance z for three 
transmitters with different radii using their optimal current. The shape of the B-field as 

well as 
 
 is similar in all three cases. The slope of the B-field is always negative, and 

always initially becomes more negative (i.e. the curvature is negative) before flattening 
out [97]. 
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Figure 3.4 Size constraint effects on maximum achievable B-field. The larger the 
allowable size of the coil relative to the implant depth, the higher the attainable B-field at 
𝑍  [97]. 
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Figure 3.5 Examples of the critical distance for different current constraints. (a) 
Definition of the critical distance. (b) The radius of the optimal coil design in terms of 
implant depth for different current constraints. The magnetic field safety limit is held 
constant at 200 µT for all cases. For shallow implant depths (𝑍 <  𝑍 ), the 
transmit coil radius is constant for a given case. Once the implant depth is equal to Zcrit,, 
the radius increases linearly at the same rate for all cases, independent of the current and 
magnetic field safety constraints [97]. 

 

 



87 
 

 

 

 

 

 

Figure 3.6   The B-field plotted at different distances inside the human body, 𝑍 , vs 
the radius of the transmit coil. The max B-field is marked on each curve. The smallest 
allowable coil radius is 3.16 cm, any smaller and the safety limit of 200 µT at the skin 
would be violated. For all distances less than 𝑍 ,  2.2 cm in this case, the max B-field 
occurs with a coil radius equal to 3.16 cm. For distances greater than 𝑍 , the max B-
field occurs at a unique transmit coil radius dependent upon the location of the implant.  
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Table 3.1 Experimental optimal coil parameters 

Coil Radius Number of Turns Wire Diameter Current (RMS) 

5.65 cm 9 1.291 mm (16 AWG) 15 A 

7.78 cm 9 1.291 mm (16 AWG) 15 A 

 

 

 

 

Figure 3.7 The 7.78 cm radius solenoid coil attached to the experimental setup. The setup 
consists of aluminum supports and screws as well as ABS plastic. These materials were 
selected because of their neutral magnetic properties. Two different transmit coils were 
constructed with different radii and each coils’ B-field was experimentally validated. 
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Figure 3.8 Experimentally measured B-field field using the MC110A magnetic field 
sensor, simulated B-field data using COMSOL, the analytical solution to the B-field of a 
current loop along its centerline, and a thick solenoid coil B-field numerical 
approximation versus distance into the human body for the 7.78 cm coil. The measured 
experimental data closely follows the simulated data. 
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Figure 3.9 Simulated B-field using the analytical model in Eq. (4) as a function of the 
distance into the body for three coils optimized around different implant depths. The 
optimally designed coil gives a greater B-field at its own implant distance in comparison 
with the other two coils. At any distances, all three coils produce a B-field that is under 
the safety limit of 200 µT.   
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Figure 3.10 Flow chart illustrating the 3 step design process for optimal transmit 
coil design. 
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Figure 3.11 Maximum achievable B-field ratio (𝛤) versus coil radius ratio (𝑎) for 
different air gaps (𝑐 = 𝑏 𝑍 ). As the air gap increases (i.e. 𝑐 increases), the 
maximum achievable B-field (or equivalently, 𝛤) decreases for the same a. 
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Figure 3.12 The B-field produced along the centerline of optimal transmit coils in WPTSs 
with different air gaps b. The implant is located at a depth of 2 cm for all cases and its 
location for each different WPTS is marked with a circle. The strength of the B-field at 
the skin for each case is denoted by a star . Current constraint is 15 A and B-field 
constraint is 200 µT. 
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Figure 3.13 Optimal radius of transmit coil in terms of different air gaps for various 
current constrained WPTS. For air gaps below 𝑏 , the optimal radius is polynomic. If 
the air gaps are greater than 𝑏 , the optimal radius is obtained by Eq. (14a), regardless 
of the current constraint. All WPTSs have a magnetic field safety constraint of 200 µT 
and 𝑧 = 2 𝑐𝑚. 
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Figure 3.14 B-field vs Z for three different optimally designed WPTS. The implants are 
located at 4, 6 and 8 cm (indicated by the stars). The maximum B-field at each implant 
occurs with its optimally designed transmit coil. The safety limit of 200 𝜇T is maintained. 

 

 



 
 

 

 
 
 
 

CHAPTER 4 
 
 

 
4. DESIGN AND CHARACTERIZATION OF A RIC WPTS FOR 

A KNEE STABILITY SENSOR 

 

This chapter uses the principles of Chapter 3 to build a RIC WPTS for a specific 

biomedical sensor. This work was done in collaboration with the group of Professor Peter 

Woias at the University of Freiburg (IMTEK).  I would like to acknowledge the 

contributions of Laura Cornella and Karthika Prakash in developing the knee stability 

sensor. 

 

4.1 Introduction    

The previous chapter explored how WPTS can be optimized for maximizing the 

B-field at the receiver when the WPTS has safety, size, and power constraints. This 

chapter will explore how those principles were used to design a wirelessly powered 

biomedical device, specifically a knee sensor to help diagnose anterior cruciate ligament ( 

ACL) injuries. This work was done in collaboration with a group at IMTEK (University 

of Freiburg, Germany).  

One of the most common knee injuries is the anterior cruciate ligament (ACL) 

tear, accounting for 20% of all knee injuries [98]. Physical examination methods are 

standardized for diagnosing ACL tears, however, the diagnoses vary when a patient is 



97 
 

 

seen by different examiners. This range of outcomes happens despite the standardized 

procedure because there are flexible parameters, such as the examiner's hand size or 

pressure applied, and the diagnosis relies on the examiner to detect subtle differences in 

the patient's knee's laxity. A better method to give more repeatable results would be using 

a biomedical sensor. 

Our collaborators at IMTEK developed a flexible knee sensor that could measure 

the knee's laxity to help diagnose ACL tears. This system is composed of a polymer-

based capacitive strain gauge sensor attached to an ASIC with a Bluetooth antenna 

capable of wirelessly transmitting its data. The strain gauge capacitive sensor consists of 

279 fingers separated by a distance of 0.4 mm and two enlarged contact areas, as shown 

in Figure 4.1. The total length and width of the strain gauge sensor are 65 x 11.5 mm. 

Powering this sensor through wires could limit the natural dynamic range of the patient 

and limit the physician's movement around the patient. Powering the implant using a 

battery is an option, but it is not as environmentally friendly as single-use batteries can be 

ecologically wasteful. Additionally, the EU is increasing considering resolutions to 

reduce or entirely phase out the use of single use batteries[99]. The group at IMTEK ask 

us to develop a WPTS to power their knee sensor.  

 

4.2 System Constraints for the WPTS     

The WPTS has both size and power constraints. For the WPTS to be conducive to 

the physician's operating environment, a size constraint of 11.5 cm was imposed on the 

transmit coil's radius. Additionally, the receiver must fit comfortably on a patient's legs, 

so it was constrained to be no larger than a circle with a 4.25 cm radius. The WPTS also 
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had to be capable of working with a 20 W RF power amplifier. Furthermore, the WPTS 

had to be able to power the IMTEK sensor over a minimum distance of 10 cm. The 

IMTEK knee sensor system, on average, uses 6 mW of power, which would spike to 36 

mW when the Bluetooth antenna was broadcasting.  

At this time, the highest-powered ME transducer receiver we had developed in 

our lab was a 1 x 2 cm, two-layer Galfenol, one layer PZT device. At its optimal loading, 

it produced 4.97 mW of power with a B-field of 120 µT. Assuming a factor of safety of 

3x and a small storage capacitor to help power the device when the Bluetooth is 

broadcasting and the power consumption spikes, we would need a B-field of 230 µT to 

generate 18 mW of power. Using the optimal design procedure outlined in Chapter 2, the 

limiting constraint was found to be the radius of the coil. With a transmit coil radius of 

11.5 cm, 146.4 A is required to produce 230 µT at 10 cm. This high current and B-field 

requirement make ME transducers less feasible than a RIC WPTS for this device. The 

current ME receiver is much smaller than the constrained size, and it could potentially be 

enlarged to generate more power at a lower B-field. However, adding more ME material 

is a detriment in this scenario because the increased receiver mass could possibly affect 

the inertia of the patient's knees and add some error to the knee sensor’s readings. So due 

to the relatively high-power requirements, large gap between the transmitter and receiver, 

and the large allowable size of the receiver, we choose to design a RIC WPTS instead of 

a ME WPTS.  
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4.3 Fundamentals of RIC WPTS      

RIC WPTS involves two tuned LC circuits. The inductors in the RIC WPTS are 

the transmit and receive coils, while external capacitors are added to tune the two coils to 

a single resonant frequency. The efficiency of a two coil RIC WPTS is expressed by  

𝜂 =
𝑘 𝑄 𝑄

( 1 + 𝑘 𝑄 𝑄 + 1)
 (114) 

where 𝑄   and 𝑄  are the quality factors of the transmitter and receive coils defined as  

𝑄 = . (115) 

The coupling coefficient, 𝑘 is defined by 𝑘 = 𝑀/ 𝐿 𝐿 , where 𝑀 is the mutual 

inductance between the two coils.   

Equation (114) shows that the overall efficiency of the WPTS depends on three 

factors, the operating frequency, 𝜔 , the coupling coefficient, 𝑘, which is a measure of 

the fraction of B-field generated by the transmitter that passes through orthogonality the 

place circumscribed by the receiver, and the quality factors of the coils.  

We choose an operating frequency of 6.78 MHz. This frequency is the highest 

ISM Band open frequency for which we also have an operational power amplifier and is 

becoming a common operating frequency for RIC WPTS [100]. Additionally, buying 

electronic components that are sourced for this range is much cheaper than for systems 

operating at higher frequencies, which would be beneficial if this sensor system were 

made into a commercially viable product.  

The coupling coefficient, 𝑘, can be maximized by making the transmit and 

receive coils the same size and minimizing the distance between them. However, we are 

constrained in our case from maximizing k by both the constraint on the receive coil size 
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and the minimum distance constraint between the transmit and receive coil.   

Using the optimal design process outlined in Chapter 2, we discovered that size 

was our limiting constraint, and therefore the transmit coil was built to be at the size 

constraint. The receive coil was also built at its size constraint to further maximize the 

coupling coefficient. While building the coils at their size constraint helps maximize 𝑘, 

the distance constraint between the transmitter and the receiver is relatively large 

compared with the coils' size, which will lead to a small coupling coefficient.  

Maximizing the quality factors of the coils involves maximizing 𝐿 while 

minimizing the parasitic resistance. The inductance can be increased by adding more and 

larger turns to the transmit or receive coil. However, the total number of turns is limited 

by the coil’s size constraint and the coil’s self-resonant frequency. Additionally, adding 

more turns increases the parasitic resistance as well.  

Every coil can be modeled as an inductor with parasitic resistance and 

capacitance. As the number of turns on a coil is increased, both the inductance and the 

parasitic capacitance increase. The self-resonant frequency of the coil is determined by  

𝜔 =
1

𝐿𝐶
 (116) 

where 𝐶  is the parasitic capacitance of the coil. Tuning the coil to the operating 

frequency of 6.78 MHz is done by adding external capacitance, meaning that the tuned 

resonant frequency can only be lower than the self-resonant frequency of the coil. 

Therefore, the self-resonant frequency must be greater than the operating frequency, 

limiting the number of turns utilized in the transmit and receive coils.  
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4.4 Design of WPTS for Knee Stability Sensor      

The WPTS transmit and receive coils we designed are outlined in Table 4.1. 

Additionally, we designed the power conditioning circuity, consisting of a half-wave 

rectifier, filter capacitors, and a linear dropout regulator (LDO) to deliver the correct 

voltage to the MCU, as shown in Figure 4.2. We choose SMC 30 V 100 mA Schottky 

diodes due to their fast recovery time. We used Johanson Technology High Q/Low ESR 

capacitors which are high voltage and high Q capacitors. And we used a Onsemi 3.3 V 

100 mA LDO due to its low quiescent current and voltage drop. Two 100 nF SMD 

capacitors were used as the filter capacitors in the power conditioning circuit.   

For the testing in our lab at the University of Utah, we used an E&I 240L 40W RF 

power amplifier to supply current to the transmit coil. Additionally, we used an MFJ 939 

antenna tuner to help impedance match between the RF power amplifier and the transmit 

coil.  

As shown in Figure 4.3, the WPTS can transmit 997 mW of power at 10 cm and 

355 mW of power at 15 cm with the transmit coil supplied with 10 W of power. With the 

addition of the power conditioning circuity, the power drops to 341 mW at 10 cm and 

146 mW at 15 cm. We tested it with the identical MCU used in the IMTEK sensor 

(except this MCU is integrated into a TI LaunchXL-CC26X2R1-ND evaluation board, 

and it consumes 306 mW of power) and were able to successfully power the MCU with 

up to 12.5 cm of displacement.  

Since the receive coil might shift and become angularly misaligned as the knee 

rotates, we tested the misalignment tolerance of the WPTS. The WPTS, while 

transmitting at 10 W, is able to deliver 330 mW of power at 60 degrees of misalignment, 



102 
 

 

as shown in Figure 4.4, which would sufficiently meet the power demands of the sensor.  

 

4.5 WPTS Integration      

Unfortunately, when the RIC WPTS we originally developed was being 

integrated with the knee sensor at IMTEK, the RF power amplifier at IMTEK broke on 

the first day of testing. This was the only RF power amplifier we had access to at IMTEK 

that could deliver power at 6.78 MHz. Due to this unfortunate circumstance, we had to 

quickly redesign the WPTS to work with a different RF power amplifier that was rated 

for operation between 20 -500 MHz. The WPTS was rebuilt to operate at a higher 

frequency.  

The new WPTS comprises a Mini-Circuits ZHL-100W-GAN+ Class-A power 

amplifier and a different transmit coil and receive coil tuned to a higher operating 

frequency. The transmit coil and receive coils are described in Table 4.2. The transmit 

coil is a series LC circuit, with the tuning capacitance added in series to avoid saturating 

the voltage limits of the power amplifier. The receiver is tuned as a parallel LC circuit to 

achieve the necessary voltage input for the sensor's MCU. 

The power conditioning circuit was not changed and still was composed of a half-

wave rectifier, a 100 nF smoothing capacitor, and an LDO that ensures the voltage will 

not exceed the 3.3 V input limit of the sensor’s MCU. Additionally, no impedance 

matching was done with this WPTS. The modified WPTS could power the TI LaunchXL-

CC26X2R1-ND evaluation board, which consumes 306 mW of power, at 7 cm.  The 

complete wirelessly powered sensor system was first successfully demonstrated on a 

robotic knee, as shown in Figure 4.5 and then used to power the sensors in human 

experimental trials.  
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4.6 Conclusion      

Using the optimal design procedure outlined in Chapter 3, we successfully 

constructed a RIC WPTS to power a biomedical sensor. The WPTS consisted of a 

transmit coil that can easily fit on a physician's table and a receive coil that can be 

attached to the patient's leg. The WPTS was capable of delivering 341 mW of power of 

10 cm and could withstand misalignments of 60 degrees. The RIC WPTS was integrated 

with a knee sensor developed by IMTEK and used in experimental trials with their 

biomedical sensor. 
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Figure 4.1 The capacitive sensor developed by IMTEK to measure the knee's laxity. 
When the sensor is stretched, the change in capacitance is measured, and the knee’s 
rotation can be calculated.  

 

 

 

 

 

Table 4.1 Original WPTS parameters 

Coil Dimensions Wire Comp.  Tuning 
Capacitance 

Resonant 
Frequency  

LC Resonant 
Circuit 
Geometry  

Q 

Transmitter 6 turn, 6.25 cm and 
11.5 cm (inner and 
outer radii) 

Copper, 22 
AWG 
(0.644 mm)  

15 pF 6.98 MHz Series 26.8 

Receiver  8 turn, 2 and 4.25 
cm (inner and outer 
radii) 

Copper, 22 
AWG 
(0.644 mm)  

129 pF 6.75 MHz Parallel  4.80 
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Figure 4.2 The 6-turn, 4.25 cm radius receive coil attached to the IMTEK Knee Sensor 
printed circuit board. Only the WPTS components have been populated. The receive coil 
is tuned to a resonant frequency of 6.78 MHz through external capacitors. The power is 
rectified through a half-wave rectifier. The 3.3 voltage input for the MCU is maintained 
through an LDO.  
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Figure 4.3 Received power (AC) versus distance for the RIC WPTS. The WPTS could 
supply 997 mWs at 9.97% efficiency over a distance of 10 cm, far exceeding the 
necessary power requirements for the IMTEK knee sensor. The experimental results 
closely follow the predicted model. Inset: The experimental setup for the RIC WPTS.  
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Figure 4.4 Received power (AC) versus angular misalignment for the RIC WPTS with 
the receive coil located 10 cm from the transmit coil. The RIC WPTS can supply 330 
mW of power with the receiver misaligned by 60 degrees, enabling the IMTEK sensor 
functionally even if the receive coil rotated during the experimental trials.  

 

 

Table 4.2 Modified WPTS parameters 

Coil Dimensions Wire Comp.  Tuning 
Capacitance 

Resonant 
Frequency  

LC Resonant 
Circuit 
Geometry  

Transmitter 2 turn, 6 cm and 
9 cm (inner and 
outer radii) 

Copper, 22 
AWG (0.644 
mm)  

27 pF 19.34 MHz Series 

Receiver  1 turn, 3.75 cm 
radius 

Copper, 22 
AWG (0.644 
mm)  

12 pF 19.38 MHz Parallel  
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Figure 4.5 The WPTS was used to power the capacitive knee sensor on both the robotic 
knee and human patients. The WPTS could deliver adequate power to the sensor with a 
distance of 10 cm between the transmit and receive coils.  

 

  



 
 

 

 

 
 

CHAPTER 5 
 

 

5. A DYNAMIC TRANSMIT COIL THAT INCREASES EFFICIENCY FOR 

WIRELESSLY POWERING BIOMEDICAL IMPLANTS WITH 

MAGNETOELECTRIC TRANSDUCER RECEIVERS 

 

In this chapter, we develop a novel method to counteract misalignment in WPTS 

using a dynamic transmit coil. The dynamic transmit coil uses servo motors to change the 

alignment of its B-field.  

 

5.1 Introduction    

In addition to adhering to magnetic field safety standards, another consideration 

for wirelessly powering biomedical implants is the effect of misalignment between the 

receiver and the transmitter in the WPTS. Once the surgeon installs an implant, its exact 

location and orientation may be unknown. Misalignment between the receiver and the 

transmitter reduces the efficiency of the WPTS, and this reduction in efficiency is true for 

both inductive [43]–[49] and ME WPTS [30], which require the B-field to be aligned 

with the receiver for maximum wireless power transfer.  

As previously mentioned, the magnetic field exposure safety standards must be 

followed to safely power a biomedical implant. These safety constraints prevent 

compensating for the misalignment, and thus reduced efficiency, by just increasing the 

transmit coil power, and thus increasing the WPTS B-field, to obtain a certain power 
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level at the receiver. An inefficient WPTS could mean long recharge times for implants 

with a battery or passive implants (i.e., implants with no onboard energy storage) not 

receiving enough power to function.  

Receiver misalignment can be compensated by adjusting the B-field to realign it 

at the receiver. Research has been done on omnidirectional WPTS that can alter the 

direction of the B-field at a point or specific points in space. The most common 

construction of omnidirectional WPTS is multiple transmit coils configured in either a 

single plane [53]–[55] or as orthogonal intersecting coils [50]–[52]. These 

omnidirectional WPTS can be used to realign the B-field with a misaligned receiver at a 

point in space, by using constructive interference of the B-field produced by the coil 

arrays. However, we want to explore a method to compensate for misaligned receivers by 

using a single solenoid coil.   

A single coil transmitter using servo motors to alter its orientation/location, as 

shown in Figure 5.1, which we call a dynamic transmit coil, can increase power transfer 

to misaligned receivers without needing additional transmit coil arrays. The B-field’s 

direction at the receiver can be altered and aligned with the misaligned receiver by 

actuating the transmit coil. Thus, increasing the power available to load at the receiver 

and the overall efficiency of the WPTS. Using a single transmit coil has an additional 

advantage. It is easy to calculate the B-field at the receiver and any location inside the 

body, ensuring that the receiver can get adequate B-field to power the device while 

ensuring all the magnetic field safety constraints are followed.  

This chapter presents a novel method to increase efficiency and counteract 

misalignment in WPTS through the use of a dynamic transmit coil. This chapter will 
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explore the power gains (or increase of WPTS efficiency) of a dynamic transmit coil over 

a static transmit coil. Additionally, we present the closed loop control system that allows 

the dynamic coil to find its optimal position. We experimentally confirm our model’s 

power gain by comparing the received power in two identical ME WPTS except for the 

use of a dynamic transmit coil over a static transmit coil.  While a dynamic transmit coil 

can improve the efficiency of both inductive and ME WPTS, this chapter will focus 

solely on analyzing the efficiency and power gains for ME WPTS. We only examine ME 

WPTS because we assume the transmitter dynamics can be decoupled from the receiver, 

which is generally true for ME WPTS. This same analysis can also be applied to RIC 

WPTS in the weak coupling region (i.e., 𝑘 𝑄 𝑄 ≪ 1) where the assumption of a 

decoupled transmitter and receiver is valid. 

 

5.2 Methodology    

5.2.1 ME WPTS Modeling 

The equivalent circuit diagram of a ME WPTS is shown in Figure 5.2 [77]. The 

transmit coil is an electrical system in which the coil is represented as an inductor, 𝐿 , 

with some parasitic capacitance, 𝐶 , and parasitic resistance, 𝑅 . The ME transducer 

receiver is composed of a magnetostrictive layer represented as an impedance, 𝑍, with  

mechanical damping, 𝑏, and a piezoelectric layer which some self-capacitance, 𝐶 .  The 

magnetostrictive layer is coupled with the transmit coil through 

 Ψ𝑚 = 𝛼Γ𝑚 (117) 

where Γ  is the magneto-elastic transduction factor of the magnetostrictive layer, and 𝛼 

is a geometric factor that relates the dimensions of the transmit coil to the B-field, 𝐵 , at 
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the ME transducer or  

 𝛼𝐼 = 𝐵  (118) 

The B-field at a point in space produced by a solenoid coil is  

 
𝐵 =

𝜇

4𝜋
𝚥 𝑑𝑣 ∧

𝑟 − 𝑟⃗

𝑟 − 𝑟⃗
 

(119) 

where 𝜇 is the magnetic permeability of the operating space,  𝚥 is the current density, and 

𝑟 − 𝑟⃗ is a space vector between the point in space where the magnetic field is calculated 

and a location inside the solenoid conductor. 𝑉 is the volume of the solenoid conductor. 

Using (119), we can easily predict the strength and location of the maximum B-field 

produced by the coil for a given power input and ensure it does not violate any safety 

constraints.  

The piezoelectric layer is coupled with the magnetostrictive layer by Γ , the 

electromechanical transduction factor of the piezoelectric, defined as 

 
Γ𝑝 = −𝑤

𝑑31,𝑝

𝑠11
𝐸

 
(120) 

where 𝑤 is the width of the piezoelectric in the ME WPTS, 𝑑 ,  is the transverse 

piezoelectric constant, 𝑠  is the elastic compliance of the piezoelectric material.  

Using the equivalent circuit diagram, it is possible to derive the optimal load, 

𝑅 , for a ME WPTS operating at the ME transducer’s resonance as  

 
𝑅𝑜𝑝𝑡 =  

𝑀1
2 + 1

𝜔𝐶0

 
(121) 

where 𝑀  is a resonator figure of merit defined as 

 
𝑀1 =

Δ𝐾

𝑏𝜔
. (122) 
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 Δ𝐾 is defined as  

 
ΔK =

Γ

𝐶  

 (123) 

where   

 
𝐶0 =

𝜖33
𝑠 𝑤𝐿

𝑡𝑝

. 
(124) 

 𝜖  is the permittivity through the thickness of the material at constant strain, assuming 

the device is a thin narrow beam, 𝑡  is the thickness of the piezoelectric layer, 𝜔 is the 

operating frequency of the ME WPTS, and 𝐿 is the length of the ME transducer. The ME 

WPTS is assumed to operate at the resonant frequency of the ME transducer.  

The power delivered to an optimally loaded ME WPTS is  

 
𝑃𝑜𝑝𝑡 =

Γ𝑚𝐵𝑒𝑓𝑓

2

(4𝑏)𝜇2
 𝑀1( 𝑀1

2 + 1 − 𝑀1) 
(125) 

where 𝑏 the mechanical damping coefficient is  

 𝑏 =
𝜔𝑚

𝑄
 (126) 

where 𝑚 is the equivalent mass of the ME transducer and 𝑄 is the quality factor of the 

ME transducer  [77].  

𝑃  is proportional to the square of the effective B-field, 𝐵  defined as 

 𝐵𝑒𝑓𝑓 =  𝐵0 cos 𝜃 (127) 

where 𝐵  is the strength of the total magnetic field at the receiver, and 𝜃 is the angle 

between the receiver and the B-field. From (125) and (127), we see that as the B-field 

becomes more misaligned with the receiver, the power decreases as a function of cos 𝜃.   

For a given ME transducer WPTS receiver, maximizing the power available to the load is 

equivalent to maximizing the magnetic field, 𝐵 , at the ME transducer’s location and 
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decreasing the misalignment between the receiver and the B-field produced by the 

transmitter, 𝜃. Γ  ,𝑀 , and 𝑏 are all defined based on the ME receiver’s material, 

geometry, and construction. 

Electromagnets are the most common way to induce an AC magnetic field at the 

ME receiver’s resonant frequency. Most electromagnets used for ME WPTS are solenoid 

coils due to their ease of construction and their well described magnetic wave 

propagation properties. Additionally, the optimization results in Chapter 3 for solenoid 

coils resulted in coil geometries where the thickness and length of the coil was much 

smaller than the inner radius of the coil. This chapter will consider transmitters whose 

geometry is a solenoid. For most WPTS using a solenoid coil, it is a flat solenoid coil, i.e. 

a coil whose radius is much greater than its thickness or length. For our WPTS, we also 

use flat solenoid coils, with the radius of the coil being the most important design 

parameter.  

Additionally, when comparing a ME WPTS using a dynamic transmit coil and a 

ME WPTS using a static transmit coil we assume that the both ME WPTS are using 

identical ME transducers, operating at the same resonant frequency and loaded with the 

optimal load defined in (121). We define a figure of merit, Τ, as  

 Τ =
𝑃

𝑃
  (128) 

where 𝑃  is the power delivered to the receiver using the dynamic transmit coil and 

𝑃  is the power delivered to the receiver using the static transmit coil defined in 

(125). However, since the ME transducer for both systems is equivalent, Γ , 𝑏, 𝑀 ,  and 

𝜇 are equal and Τ can be reduced to  
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Τ =  

𝐵

𝐵
 

(129) 

where  𝐵  is the strength of the effective B-field (the strength of the B-field 

aligned with the ME transducer defined in (127)) for the dynamic transmit coil and 

𝐵  is the strength of the effective B-field for the static transmit coil. 

 

5.2.2 Proposed Operating Environment  

The operating environment we envision is one in which the dynamic transmit coil 

is at a fixed location (e.g. on a patient’s desk or by a physician’s table) and the ME 

receiver is implanted in a patient and located some distance away from the transmitter. 

The transmitter is not touching or in contact with the skin. Therefore, if the receiver is 

misaligned, the transmitter can rotate or translate to decrease the misalignment. As a 

patient is unlikely to know their implant's exact orientation and location, we believe that 

misalignment is highly likely to occur. Furthermore, if the patient moves while the 

transmitter is charging the receiver, the WPTS can adjust to ensure the WPTS is 

operating at maximum possible efficiency.   

In this work, we considered two different types of dynamic transmit coils, as 

shown in Figure 5.1. The first type we call a translational dynamic transmit coil. It 

consists of a coil mounted to rails, similar to a fused deposition modeling 3D printer, that 

changes the position of the coil within the xy plane, as seen in Figure 5.3. This type of 

dynamic transmit coil can have an extensive range of adjustments, but it also requires a 

large footprint. The other type of dynamic transmit coil, which we call a rotational 

dynamic transmit coil, uses servo motors to change the orientation of the coil by rotating 

the coil about its motor's axis of rotation. The advantage of this system is that it has a 
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small footprint, barely larger than the solenoid coil itself; however, it lacks the full range 

of adjustment as the translational system. Additionally, the rotational dynamic transmit 

coil must operate in a region similar to what is shown in Figure 5.3, where the inner 

cross-sectional plane of the transmit coil is not parallel to the longitudinal plane of the 

ME receiver. If the dynamic transmit coil shown in Figure 5.3 were rotated 90 degrees by 

the distal joint, then it would be in a singularity and would lose one degree of freedom.  

The WPTS is considered to operate at maximum possible efficiency when the 

dynamic transmit coil is in a position that supplies the maximum power, which is 

equivalent to the maximizing the effective B-field, to a receiver at a given location. For 

most locations, the optimal position of the ME receiver is located along the transmit 

coil’s centerline z-axis, as seen in Figure 5.3. When the receiver becomes radially 

misaligned by some distance, 𝑅 , or angular misaligned by some angle, 𝜃, measured 

with respect to the coil’s z-axis and the receiver’s longitudinal direction, the efficiency of 

the WPTS decreases. A dynamic transmit coil can either rotate or translate to increase the 

efficiency of the WPTS. The rotation and translation increases the B-field's alignment, 

which increases the strength of the B-field at the receiver.  

For generality, all distances in this analysis were non-dimensionalized by the 

transmit coil’s radius.  This non-dimensionalization ensures that the coil comparisons are 

valid for any sized transmit coils operating with any given current. Additionally, we 

assumed a minimum distance of three quarters (0.75) of the transmit coil’s radius 

between the transmit coil and the ME transducer receiver. This reflects what we envision 

as a likely operating scenario where the dynamic transmit coil is set on a surface with 

some non-trivial distance between it and the patient. Furthermore, it allows the rotational 
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dynamic transmit coil a rotational operating range of at least 50 degrees.  

When doing this analysis, we used a solenoid transmit coil for both the static and 

dynamic WPTS with a radius of 7.78 cm, made of 9 turns with 16 AWG (1.291 mm 

diameter) copper wire supplied with 1.67 amps of current. We used this WPTS because it 

matches the system used in the experimental verification section of this chapter. 

However, because we normalized all distances by the transmit coil’s radius and we are 

comparing the ratio of the power produced by an identical flat solenoid coil with the 

same given current for both the dynamic and static WPTS, these results are generalizable 

for any flat solenoid or ring sized transmit coil with any current. The ME transducer’s 

location was varied along both the radial and transverse directions (along the xz-plane in 

Figure 5.3). The ME transducer is assumed to be placed at a value on the y-axis that 

aligns with the center of the transmit coil. At each point, the B-field for the static transmit 

coil, and the B-field for the dynamic transmit coil in its optimal alignment were 

computed and used to calculate Τ for a given location. The optimal alignment was 

calculated by sweeping the dynamic transmit coil through its full range of motion, 

calculating 𝐵  at each point, and then saving the largest 𝐵  value.  

 

5.2.3 Modeling Results 

Figure 5.4 shows the power gain from a dynamic transmit coil as a function of 

radial misalignment, rotational misalignment, and implant depth. The dynamic coil 

equals or outperforms the static transmit coil in every scenario, i.e., Τ ≥ 1. Actuating the 

transmit coil leads to better alignment of the B-field and increases the strength of the B-

field at the receiver, leading to an increase in available power for the system. While this 
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result may seem obvious, the value of this work lies in modeling the specific and 

significant power gains associated with adding a simple servo motor system to the 

transmit coil in a WPTS.    

For the rotational dynamic transmit coil, the greater the angular misalignment of 

the receiver, 𝜃, the higher the power gain, Τ, the dynamic transmit coil exhibited over the 

static transmit coil. With receiver misalignment (i.e., radial offset) under half of a coil 

radius, the dynamic transmit coil had regions where Τ > 2. Between roughly half a coil 

radius to one coil radius, the optimal alignment of the dynamic transmit coil is equivalent 

to the placement of the static transmit coil. In this region, Τ = 1, or both WPTS perform 

equally well. Unlike the B-field near the center of the coil, which is primarily aligned 

with the z-axis, the B-field away from the z-axis, at the location of a misaligned receiver 

is naturally divergent from the z-axis and more aligned with the misaligned receiver. 

While rotating could increase the B-field’s alignment, it also increases the distance 

between the inner plane of the coil and the receiver, which reduces the overall strength of 

the B-field. As the receiver misalignment becomes more severe past one coil radius, the 

dynamic transmit coil provides only modest power gains.  

For the translational dynamic transmit coil, the highest power gains occurred in 

the regions of severe translational misalignment. If the receiver was misaligned by more 

than a coil radius away,  the power gains, Τ, were 3-20 times greater than the static 

transmit coil. For WPTS with receiver misalignment between zero and one coil radius, 

the translational dynamic transmit coil produced higher power gains as the receiver 

misalignment increased.  At small radial misalignments, the translational dynamic WPTS 

provides higher power gains as for more rotationally misaligned receivers. For example, 
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at zero radial offset, the highest Τ for the 45 degree misaligned receiver is Τ = 1.51 

compared to Τ = 1.18 with the 30 degree misaligned receiver, while at 0.25 radial offset 

the highest power gain is 1.13 for the 45 degree misaligned reciever compared to a power 

gain of 1.02 for the 30 degree misaligned receiver.  

Although the translational dynamic transmit coils produced the highest power 

gain, they have the disadvantage of needing a larger footprint than static or rotational 

dynamic coil WPTS. This larger footprint is necessary for the supports or tracks that the 

dynamic coil will use to translate. However, if translational misalignment is likely, it 

could be worth the operational cost of having a dynamic transmit coil with a large 

footprint.   

Comparing the rotational dynamic transmit coil to the translational dynamic 

transmit coil, one does not consistently outperform the other. For implants with large 

translational misalignment, greater than half of the transmit coil’s radius, the translational 

dynamic transmit coil outperforms the rotational dynamic coil. For example, in Figure 

5.4 it can be seen that for a receiver with an angular misalignment of 30 degrees, the 

translational coil has a power gain of up to 20, while the rotational dynamic transmit coil 

highest value of power gain is 1.5. If the angular misalignment increases to 45 degrees, 

then the translational coil has a power gain of up to 10, while the rotational coil provides 

very little power gain over a static coil. The rotational dynamic transmit coils perform 

better for implants with small translational misalignments, less than half a coil radius. For 

example, in this region for a receiver with θ of 30 degrees, a rotational dynamic transmit 

coil can provide a power gain of up to 2.98, while the translational dynamic coil can 

provide a power gain of up to 1.18 as seen in Figure 5.4. The rotation of the transmit coil 
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helps realign the B-field with the receiver and it also decreases the distance between the 

receiver and the inner plane of the transmit coil which increases the strength of the B-

field. Also, the larger the angular misalignment of the receiver, the better the rotational 

dynamic transmit coils perform. Either case, however, leads to significant improvement 

over a static transmit coil.  

 

5.2.4 Control System for Recharging Biomedical Implants  

Now that the power gains of a dynamic transmit coil have been modeled, it is 

necessary to develop a control system that will drive the dynamic transmit coil to its 

optimal orientation. There are two possible scenarios for biomedical implants, those that 

have no onboard energy storage (passive implants) and those implants that have onboard 

energy storage such as batteries (active implants). The dynamic transmit coil is probably 

more useful for the latter case, where the battery on the active implant allows for a 

closed-loop controller to be utilized. The closed-loop controller presented in this section 

is developed for a rotational dynamic transmit coil, which will be built and 

experimentally validated in the next section. As the transmitter becomes more optimally 

aligned with the receiver, the voltage across the receiver will increase. The optimally 

aligned WPTS will increase the recharge rate of the battery. The goal of this controller, 

shown in Figure 5.5, is to achieve the optimal alignment to reduce the recharge time of the 

WPTS.   

First, the transmit coil should be supplied with the maximum safe current or the 

maximum current level that will not cause the transmit coil to exceed the magnetic field 

exposure safety constraints. This current level can be found by using (119). This 
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controller uses a combination of a feedforward term, 𝜃 , with a proportional feedback 

controller to drive the transmit coil to its optimal orientation, which maximizes the 

voltage, or power, across the ME receiver. Initially, the feedforward term causes the coil 

to begin rotating. If the rotation causes the voltage across the receiver to increase (𝑉 >

𝑉 ), the coil continues to rotate in that direction. This rotation continues until the 

voltage across the receiver starts to decrease (𝑉 < 𝑉 ), implying that the coil has 

rotated past its optimal orientation. At this point, the feedforward term is turned off (𝜃 =

0), to prevent the coil from oscillating around the optimal orientation and the 

proportional controller drives the transmit coil back to its optimal orientation.   

 

5.3 Experimental Verification  

To verify the modeling results, a rotational dynamic transmit coil was built. The 

transmit coil is a 7.78 cm radius, 9-turn solenoid coil composed of 16 AWG (1.291mm 

diameter) copper wire as shown in Figure 5.6. The coil was mounted to a servo motor, 

Tower Pro MG945, and connected to an Arduino Uno microcontroller. This transmit coil 

was used for both the dynamic WPTS tests and the static WPTS tests. The servo motor 

was not used for the static case, and the transmit coil was left in its initial position. For 

the dynamic WPTS transmitter test, the servo motor rotated the transmit coil to its 

optimal position.  

The receiver for this WPTS is a self-biased ME transducer with dimensions of 

13.5 mm x 5 mm x 1.5 mm and consists of two layers of nickel, two layers of Metglas 

2605 SA1, and a single layer of PZT. Regular ME transducers typically require a DC bias 

magnetic field to maximize the efficiency of the WPTS. However, our self-biased ME 
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transducer receiver uses two different magnetostrictive materials (nickel and metglas) 

with different permeabilities and coercivities fields, causing differences in saturation 

magnetization. This difference in saturation magnetizations causes an internal 

magnetostatic field transverse to the layers. The internal magnetostatic field mitigates the 

need for an external DC magnetic bias field for the WPTS to operate at its peak 

efficiency[101]–[103]. The relevant material properties for this ME transducer receiver 

are listed in Table 5.1.  

The ME transducer was placed 5.84 cm (5.84 i.e., 0.75*Coil Radius) away from 

the center of the transmit coil along the coil’s z-axis with an angular misalignment of 𝜃 =

 45 degrees. Initially, the radial misalignment, 𝑅 , is equal to zero. The power across 

a 4.4 kΩ resistor (the optimal impedance for the ME transducer receiver) was measured. 

The position of the ME transducer was then varied by 1 cm in the coil’s radial direction.  

First, the WPTS was tested with the static transmit coil. The transmit coil was supplied 

with a current equal to 1.67 amps, with resulted in a maximum effective B-field, 𝐵 =

32 𝜇T, along the center of the transmit coil at 𝑅 = 0 cm. The maximum effective 

B-field was 𝐵 = 39 𝜇T which occurred when the receiver’s offset was 𝑅 =

0.39 ∗ Coil Radius = 3.0 cm.  

For the dynamic transmit coil testing, the same transmit coil was supplied with 

1.67 amps, and the same experimental procedure was followed. However, at each new 

ME transducer position, the dynamic transmit coil employed the control system shown in 

Figure 5.5, to rotate the transmit coil into its optimal position as shown in Figure 5.7. The 

power across the 4.4 kΩ load resistance was measured once the transmit coil had settled 

into its final optimal position. For the dynamic transmit coil WPTS, the maximum 
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effective B-field occurred when  𝑅 = 0 cm and was 𝐵 = 50 𝜇𝑇. The full 

experimental results for the static transmit coil WPTS, and the dynamic WPTS are 

plotted in Figure 5.8. Note that these results are obtained using magnetic fields that are 

well below half the magnetic field exposure limits. With a reasonable magnetic field of 

100 𝜇T, the power output would be quadruple.  

The experimental results closely follow the predicted model results, the static 

transmit coil has a mean and median error of 9.38% and 6.51% respectively, while the 

dynamic transmit coil has a mean and median error of 9.08% and 7.27% respectively. 

Figure 5.9 shows how the dynamic transmit coil produces significant power gains for 

misaligned ME receivers when 𝑅 < , which follows the predicted values for the 

power gain, Τ, shown in Figure 5.4  

 

5.3.1 Discussion   

In this work, we have outlined the benefits of adding a simple servo motor system 

to transform static transmit coils into dynamic transmit coils to increase the overall 

efficiency of the WPTS. The increase in efficiency is helpful for two cases. The first is 

for passive implants, when the misalignment causes the implants not to receive enough 

power to function. The following example illustrates the benefit of the dynamic transmit 

coil for this case. Using the transmit coil outlined in the Experimental Results section and 

assuming that an implant needs 20 uWs to function, a static transmit coil will only be 

able to deliver sufficient power to a ME transducer with no angular misalignment 𝜃 = 0  

in an approximately 86.7 cm3 region. The same WPTS can deliver sufficient power to an 

approximately 151 cm3 region by adding a servo motor and using the dynamic transmit 



124 
 

 

coil.  If there is angular misalignment as well, for example, if 𝜃=45, the static transmit 

coil can supply adequate power in a 131 cm3 region, while the dynamic transmit coil can 

supply adequate power in a 181 cm3 region.  

The second case is for recharging the implant's batteries. Assuming an identical 

load and ME receiver, a dynamic transmit coil WPTS with a power gain of Τ = 2 leads 

to a decrease in charging time of 41% (√2 = 1.41) over a static coil system. The 

rotational dynamic WPTS in the experimental validation section, with a ME transducer 

misaligned by 45 degrees and at 𝑅 = 0 cm, the dynamic transmit WPTS exhibited a 

Τ = 2.43. If the load was charging a 5 mAhr battery, the dynamic transmit coil would 

fully charge the battery in 3.22 minutes, while the static transmit coil system would need 

5.04 minutes to fully charge the same battery, a 56 percent increase in required charging 

time.  

 

5.4 Conclusion 

This chapter presents a novel way to increase the efficiency for WPTS with 

misaligned receivers, specifically for biomedical implants using ME transducers. Using a 

single solenoid transmit coil that uses servo motors, which we call a dynamic transmit 

coil, to alter its position/orientation allows the WPTS to alter the directionality of the B-

field at the receiver without violating magnetic field safety constraints. This dynamic 

transmit coil outperforms identically constructed static transmit coils and delivers higher 

power to systems with misaligned receivers. We modeled how rotational dynamic 

transmit coils can provide up to 3 times the power gain over static coils. Additionally, 

translational dynamic transmit coils can deliver power gains up to 10- 20x for systems 
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with severe misalignment. 

  A rotational dynamic transmit coil was built to validate the power gains shown by 

the model experimentally. Two control systems were presented. The first allows the 

dynamic transmit coil to sufficiently power passive implants. The second optimally aligns 

the dynamic transmit coil to maximize the power transfer and reduce recharging times for 

implants with batteries. Using a ME transducer receiver with various radial 

misalignments and an angular misalignment of 45 degrees, the dynamic transmit coil 

experimentally provided up to 2.4 times the amount of power to the misaligned receiver 

compared to a static transmit coil for some areas of misalignment but produced better or 

equal power gains for all ME receiver misalignment locations.  
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Figure 5.1 An example of a dynamic transmit coil. The dynamic transmit coil consists of 
a single solenoid coil whose position/orientation is controlled through servo motors.  
Left) An example of a rotational dynamic transmit coil. Its servo motors rotate the coil 
about the motor’s fixed axes. Right). An example of a translational dynamic transmit coil 
that uses servo motors with a belt and lead screw system to shift the position of the 
solenoid transmit coil.  
 

 

 

Figure 5.2 The equivalent circuit diagram of a ME WPTS. The transmit coil is an 
electrical system with some parasitic inductance, resistance, and capacitance. The ME 
transducer receiver is composed of two mechanical systems which have some impedance 
and damping. And the piezoelectric component has some equivalent capacitance.  
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Figure 5.3 A 3D view (left) and planar cross-sectional view from the top (right) of the 
static and dynamic WPTS. The circles represent the cross-sectional area of the different 
transmit coils. The 3D view shows a rotational dynamic transmit coil. The global 
coordinate frame is in defined in the center of the static transmit coil, which is equal to 
the initial position of the dynamic transmit coil. The ME transducer WPTS receiver is 
located at some distance along the coil’s z-axis, 𝑍 , and some distance along the 
coil’s radial axis ( x-axis), 𝑅 . Additionally, the receiver can be misaligned with the 
static transmit coil by some angle 𝜃 which is defined by the angle between the receiver’s 
longitudinal direction and the global z-axis. The position of the static transmit coil is 
shown, as well as a possible position for the dynamic transmit coil.  A rotational dynamic 
transmit coil (copper color) rotates about the y-axis to its optimal position, where the 
alignment of the B-field and the ME receiver maximizes the power available to the 
load[104]. 
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Figure 5.4 The power gain, 𝛵, for a dynamic transmit coil WPTS compared to a static 
transmit coil WPTS for an ME transducer receiver located at various points in an xz 
plane located at a y value equal to the center of the transmit coil. The normalized implant 
depth is the z-direction and the normalized radial offset is the x-direction using the axes 
definitions given in Figure 5.3. a) The power gains of a translational dynamic transmit 
coil vs a static transmit coil with the receiver misaligned by 30 degrees. b) The power 
gains of a translational dynamic transmit coil vs a static transmit coil with the receiver 
misaligned by 45 degrees. c) The power gains of a rotational dynamic transmit coil vs a 
static transmit coil with the receiver misaligned by 30 degrees. d) The power gains of a 
rotational dynamic transmit coil vs a static transmit coil with the receiver misaligned by 
45 degrees. The distances have been normalized by the radius of the transmit coil. The 
dynamic transmit coils equal or outperform the static coils in every case. Note, the scales 
are different for each graph. However, all the normalized implant depth starts at 0.75 and 
the power gain scales starts at 1 for all graphs. 
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Figure 5.5 The controller for recharging biomedical implants with batteries. The 
controller uses feedback control to drive the dynamic transmit coil into its optimal 
orientation, maximizing the voltage across the ME receiver. This version of the controller 
uses a feedforward term, 𝜃 , to quickly drive the dynamic transmit coil into its optimal 
orientation, at which point it is turned off to prevent the system oscillating around the 
optimal orientation. 
 

 

 

Figure 5.6 The experimental setup with a rotational dynamic transmit coil. A servo motor 
turns the coil to its optimal position. The self-biased ME transducer is placed at a 
misalignment angle of 45 degrees. A 3-D printer (composed of aluminum to not interfere 
with the magnetic waves) moves the ME transducer along the radial axis (x-axis). The 
power is measured at each ME transducer location across an optimal load resistor of  4.4 
kΩ .  
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Table 5.1 ME transducer receiver properties 

𝑓
0

=
𝜔

2𝜋
 179.9kHz 

𝑄 105.8 

𝑚 4.18𝑥10   kg 

𝑑31,𝑝 190𝑥10   
m

V
 

𝑠11
𝐸  1.51𝑥10  

1

Pa
 

𝐶0 1.3 nF 

 

 

 

 

 

Figure 5.7 The experimental setup. Left) The ME transducer had a constant  𝑍  
displacement of 5.84 cm while the radial offset was varied. Right) The dynamic transmit 
coil rotates into its optimal position to compensate for the receiver misalignment.  
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Figure 5.8 Experimental results versus theoretical results for the ME WPTS. Left) 
Experimental power output versus modeled power output using (125)  for a static WPTS 
to a ME transducer located at 𝑍 = 5.84 cm with angular misalignment  𝜃 =

45 degrees. Right) Experimental power output versus modeled power output for a 
rotational dynamic WPTS to a ME transducer located at 𝑍 = 5.84 cm with angular 
misalignment  𝜃 = 45 degrees. 
 

 

 

Figure 5.9 Experimental results of a rotational dynamic transmit coil versus a static 
transmit coil for a ME transducer located at 𝑍 = 5.84 cm with angular 
misalignment 𝜃 = 45 degrees.  
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CHAPTER 6 
 

 

6. MAGNETOELECTRIC WIRELESS POWER TRANSFER SYSTEM  

DEMONSTRATION AND CHARACTERIZATION 

 

In this chapter, we build and characterize a self-biased ME WPTS for a 

biomedical implant and compare our device to other ME, RF, and MF WPTS for 

biomedical devices.  

 

6.1 Introduction    

With the development of an optimal design process for a WPTS transmit coil for 

biomedical implants and a method to increase the efficiency of a WPTS for misaligned 

biomedical implants, the next step is to build and characterize a full wirelessly powered 

sensor system. While there is a wide range of functionally for biomedical sensors, 

ranging from glucose sensors to pacemakers, we choose to design a temperature sensor as 

a suitable proof of concept demonstration for the effectiveness of our ME WPTS.  

Ideally, implantable biomedical sensors should be small, making them easier to 

insert via noninvasive surgery and increasing the regions inside the body that are 

potentially compatible with the device. Furthermore, the device should operate at low 

power since space for energy storage will be at a premium. And the longer the implant 

can operate without a recharge, the more valuable it can be. Additionally, because the 

implant will be recharged wirelessly, it should have efficient power conditioning circuity. 
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And lastly, transmitting the sensor data wirelessly is essential for the implant to be useful.  

This chapter describes the overall system design of the ME WPTS and a low-

powered biomedical temperature sensor. The ME WPTS system is characterized, and 

each step's power loss and efficiency are determined. The ME WPTS is then used to 

power a biomedical implant composed of an MCU, temperature sensor, and Bluetooth 

radio. This work is compared with other state-of-the-art ME,  RIC, and MF WPTS 

designed explicitly for biomedical applications. We see that ME WPTS generally 

perform equal to RIC and MF for powering small biomedical implants.  

 

6.2 System Design and Experimental Validation    

6.2.1 ME Receiver Design  

ME transducer receivers for optimal wireless power transfer usually require a 

large external DC bias field. This DC bias field is generally accomplished through 

permanent magnets attached near the ME transducer. However, for implantable 

biomedical applications, installing large permanent magnets poses a health risk for the 

patient. Therefore, a self-biased ME transducer was built, shown in Figure 6.1, that 

mitigates the need for an external bias field [105]. 

The self-biased ME receiver is a 5-layer device composed of two layers of 

Metglas, two layers of nickel, and a single layer of PZT 5A. The dimensions of each 

layer are given in Table 6.1.  
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6.2.2 Power Electronics and Low Powered MCU Design  

Because of the potential for low coupling and hence low voltage produced in the 

ME WPTS, a voltage doubler (VD) rectifier was built. The VD rectifier consists of two 

Infineon Technologies BAT15-03W Schottky diodes with a typical forward voltage drop 

of 0.25 V and two 10 nF capacitors. These diodes were chosen because of their low 

voltage drop and small self-capacitance, 0.4 pF.   

The rectified voltage is passed into an EPEAS AEM30940 energy harvesting 

chip. The EPEAS AEM30940 boosts or bucks the voltage to the appropriate level (3.3 V) 

for the MCU.  The EPEAS chip was chosen because of its low minimum DC voltage 

input, 50 mV, and its low cold-start power requirement, 3 µW. In addition to boosting the 

voltage, the EPEAS chip also actively manages the power output to the MCU. If the 

MCU is consuming less power than is inputted via the ME receiver, then the excess 

power is stored in a storage capacitor. If the MCU requires more power than is being 

inputted, then the EPEAS chip draws the necessary current from the storage capacitor.  

The output voltage of the EPEAS is programable and can be set between 1.2 and 3.3 V. 

The MCU is an ATmega328P modified to operate in a low power state. When the MCU 

is not sampling or transmitting data, all functionally of the chip is shut down except for 

the clock circuit. The temperature sensor is an Analog Device TMP36. The MCU 

transmits the sensor data via a low powered NRF24L01 2.4 GHz radio. The system setup 

is shown below in Figure 6.2.  
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6.2.3 Transmit Coil System Description  

The transmit coil is a 7.78 cm radius, nine turn, flat solenoid coil composed of 16 

AWG (1.219 mm diameter) copper wire as shown in Figure 6.3. An E&I 240L class A 

linear power amplifier was used to supply the transmitter coil with a high–frequency 

current. At 5 cm, the maximum B-field for this WPTS is 50 µT. At 2 cm, the maximum 

B-field for the WPTS is 80 µT. The maximum B-field is constrained by the maximum 

power output of our RF power amplifier. The transmit coil was not designed to be 

optimal. Having an optimally designed transmit coil would decrease the amount of power 

needed to produce the B-field at each location but would not alter the power produced by 

the ME WPTS for a given B-field.  

 

6.2.4 Power Requirements and System Power Losses  

Once turned on, the MCU requires 66 µW of power in its low power state. 

Reading the temperature via the TMP36 requires only 1.5 µW of power. The largest 

power requirement for the wireless biomedical sensor is transmitting the data via the low-

power Bluetooth radio, which requires 99 µW.  

The system power losses for the ME receiver when exposed to a 50 µT B-field are 

shown in Table 6.2. 

At this B-field level, there is a significant loss of power in both the EPEAS chip 

and the VD rectifier. Most of the VD rectifier's power losses can be accounted for by the 

forward voltage drop of the two diodes. The EPEAS chip boosting the voltage to 3.3 V is 

the least efficient step, and the overall system efficiency is 38%. With the low input 

power of the ME receiver at 50 µT, the EPEAS chip is much more efficient, boosting to 
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1.8V ( at this voltage level, the step efficiency to boost to 1.8Vs was 95%). However, the 

Bluetooth radio transmitter needs 3.3 V to operate, which is why the 3.3V output is 

required. Note, the optimal load for the EPEAS was found to be the minimum resistance 

that the EPEAS chip could maintain a designated constant voltage output (e.g., below 

310000 Ω, the voltage across the resistor would not be able to be held at 3.3 V, but would 

periodically drop below the set output level).  

Increasing the B-field to 80 µT improves the efficiency of the ME WPTS, as 

shown in Table 6.3.   

With the higher B-field and subsequent higher voltage across the ME transducer, 

both the VD rectifier and the EPEAS chip efficiencies increase. Again, most of the power 

loss in the VD rectifier can be attributed to the forward voltage drop of the diodes. With 

the higher WPTS efficiency at this B-field, the ME transducer can directly power the 

biomedical sensor.   

 

6.2.5 Full System Implementation and Experimental Validation  

To validate the system power requirements, the full ME WPTS sensors system 

was demonstrated and power generation characterized. The ME receiver was placed 2 cm 

from the cross-sectional plane of the transmit coil. A simplified circuit diagram of the 

receiver is shown in Figure 6.4 .  The transmit coil was supplied with 1.26 A of current at 

179 kHz, which induced a B-field of 80 µT at the ME receiver. The B-field produced an 

AC voltage in the ME receiver which was rectified through the VD rectified. The 

rectified voltage was boosted to 3.3 V through the EPEAS chip. The EPEAS chip 

produced a current of 20 µA to power the MCU, 𝐼 . By measuring the change in the 
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voltage, Δ𝑉, over time, Δ𝑡, across the storage capacitor, 𝐶 , 𝐼  was calculated according 

to  

 
𝐼 = 𝐶

Δ𝑉 

Δt
.  

(130) 

When the storage capacitor value 𝐶  is 1 mF, =
.

.
 which gives 𝐼 = 43.2 𝜇𝐴. The 

total power going out of the EPEAS chip can be calculated by 𝑉 ∗ 𝐼 + 𝑉 ∗ 𝐼 , which 

is equal to 221.5 µW.   

  The 221.5 µW of power delivered to the load was sufficient to power the MCU, 

even when transmitting its sensor data via the Bluetooth radio. The MCU successfully 

read and wirelessly transmitted the temperature sensor's reading to a laptop with a 

receiver station set up nearby. The power calculated here is slightly greater than the 

power previously calculated in the system power loss section. This slight difference in 

power is probably a result of the RF power amplifier dynamics, whose current output 

level varies slightly over time. 

 

6.3 Comparison of ME, MF, and RIC WPTS for Biomedical Implants  

6.3.1 Comparison Of ME WPTS for Biomedical Implants  

To compare our ME WPTS to other WPTS designed explicitly for biomedical 

implants, we define a figure of merit, 𝐹 , that normalizes the power by the device's 

volume and the WPTS B-field,  

 
𝐹 =

𝑃

𝑉 𝐵 𝜔
 

(131) 

where 𝑃  is the power delivered to the load for the WPTS and 𝑉  is the volume of the 

receiver, 𝐵 is the strength of the B-field at the receiver and, 𝜔 is the operating frequency 
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of the ME WPTS. 𝐹  is defined in WsT-2m-3. The comparative analysis shown in Table 

6.4 shows that our device performs very well compared with other ME WPTS. The only 

ME WPTS that had a higher 𝐹  was a larger Galfenol-PZT device [22] that required a 

large DC bias field produced by large (relative to the receiver size) permanent magnets to 

achieve its high-power gain. Even then, our self-biased device has a 𝐹  only 47.7% 

lower with the bias field coming from the device's internal structure. If a biomedical 

sensor were to be built out of a non-self-biased ME receiver, then it would be essential to 

consider the volume of the permanent magnets that would be needed to define the overall 

volume of the complete ME transducer receiver.  

 

6.3.2 Comparison of ME, RIC, and MF WPTS   

The comparison of this work and other state-of-the-art WPTS for biomedical 

implants is given below in Table 6.5. The table is broken into three categories midfield 

(MF), resonant inductive coupling (RIC), and magnetoelectric (ME) WPTS. MF WPTS 

typically operate in frequency ranges that are considered higher than near-field inductive 

WPTS but not yet far-field radiative power transfer. If fully defined in the article, the 

receiver's volume is given; otherwise, the area of the receiver is reported for the receiver 

size. For ME WPTS, the volume of the device is consistently reported, but RIC and MF 

WPTS often just report the receiver size has an area not a volume.  For RIC and MF 

WPTS, the efficiency of the WPTS is recorded. ME WPTS do not generally give 

efficiency numbers. Rather, when comparing ME WPTS, the power is normalized by the 

B-field (i.e., as shown in 𝐹 ) which is reported instead of efficiency. Additionally, we 

define another figure of merit 
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 𝐹 = 𝜂 ∗ 𝑑  (132) 

where 𝜂 is the efficiency of the WPTS and 𝑑 is the wireless power transfer distance that 

is reported for both the MF and RIC WPTS. For the ME WTPS, 𝐹  is recorded instead. 

Note, 𝜙 is the receiver's diameter. 

Plotting 𝐹  of the WPTS versus the area of the receiver, we see that the 

efficiency normalized by transmit distance, 𝐹 , decreases as a function of the receiver's 

area, as shown in Figure 6.5. (For those systems that reported volume, the  largest cross-

sectional area of the receiver was used in this analysis.) 

 

6.3.3 Discussion    

Directly comparing ME, RIC, and MF WPTS found in literature is difficult 

because there is no straightforward way to convert between efficiency (which is often 

reported in RIC and MF WPTS but not in ME WPTS) and B-field at the receiver (which 

is often reported in ME WPTS but not in RIC and MF WPTS). So, directly comparing 

published RIC and ME WPTS is not really possible without making many assumptions. 

However, from Table 6.5 we can take note of some general trends. RIC systems are the 

most efficient but generally operate at very small distances. MF are small and operate at 

larges distances, but they have poor efficiency and deliver low power to the load. The 

ME WPTS delivered similar levels of power to the implant as both the RIC and MF 

WPTS. 

Additionally, Figure 6.5 shows the importance of receiver size. As the implants get 

smaller and deeper into the body, the efficiency of the inductive WPTS drops 

significantly. While we acknowledge that receiver volume, not area, would be the ideal 



140 
 

 

comparison, the lack of reported receiver volume in MF and RIC WPTS prevented this 

analysis.  

It is important to note that the power delivered to the load may be a more critical 

metric than the system efficiency for biomedical implants. The power delivered to the 

load, not the overall system efficiency, determines whether the implant can operate. 

Additionally, because of the safety constraints for wirelessly transmitting power through 

the human body, the power delivered to the load cannot simply be increased by 

increasing the power in the transmitter. Most of the MF and RIC systems did not report 

any safety considerations or analysis in their articles, making it harder to directly 

compare the different RIC and MF WPTS to each other and the ME WPTS.  

Because the ME WPTS directly report their B-field, we can see which of the ME 

WPTS operate above the magnetic field exposure reference levels. Using the IEEE 

reference levels, both [23], [25] operate at higher B-fields than the prescribed safety 

level. Because the ME WPTS power output scales with the magnetic field squared, our 

ME WPTS could increase its power by 2.03x if we operated the WPTS at 114 µT, which 

is the safety constraint at 179 kHz. Additionally, if our ME receiver resonant frequency 

could be shifted down to 100 kHz and below while maintaining its quality factor, the 

magnetic field safety constraint would rise to 615 µT leading to a potential increase of 

59x to the power delivered to the load.  

 

6.4 Conclusion 

In conclusion, a self-biased ME WPTS for a biomedical implant was successfully 

built and characterized. The self-biased ME receiver can deliver 389 µW of power to an 
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optimal resistive load with a B-field of 80 µT. The designed power conditioning 

electronics achieved an end-to-end efficiency of 60%, resulting in 221.5 µW being used 

to power an implant that senses the temperature and successfully transmits its data 

wirelessly through a Bluetooth antenna. This demonstration shows the potential 

usefulness of small ME transducer receivers to power biomedical implants, especially for 

biomedical device companies and research funding institutions. Future work will involve 

taking the bench top demonstration of the ME WPTS and miniaturizing it into an mm-

scale biomedical implant. This future work would include designing the PCB (which 

would likely require custom ASIC development to meet the size constraints), the ME 

receiver's clamping mechanisms, and the implant's biomedical-grade casing.  

In addition to the device demonstration, a comparison was made between our ME 

WPTS to other ME WPTS designed for biomedical implants. Our ME WPTS performed 

better than all but one ME WPTS when the power delivered to the load was normalized 

by device’s volume and B-field. Additionally, since our device is a self-biased ME 

transducer, it would not need additional volume in the implant for large permanent 

magnets.   

We also compared ME, MF, and RIC WPTS designed for biomedical implants 

and found that no one WPTS is definitively better for powering biomedical implants. All 

of the different WPTS can provide power capable of operating a device on the order of 

mW or hundreds of µWs to mm-sized receivers. However, for inductive WPTS, the 

efficiency normalized by transmit distance decreases as the receiver size decreases, 

potentially leading to poor power delivered to the load for small or deep biomedical 

implants. These results lend further evidence that ME transducers can be an attractive 
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option to power small biomedical implants, especially if they are implanted deep in the 

body.  
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Figure 6.1 The self-biased ME transducer receiver is a 12 x 5 x 1.05 mm3 composite 
beam composed of PZT, nickel, and Metglas.  

 

 

 

 

 

 

Table 6.1 The self-biased ME transducer receiver 

Materials Length, mm Width, mm Thickness, mm 
PZT-5A 12.36 3.81 0.5 
Nickel 10.16 5 0.25 
Metglas 10.16 3.81 0.023 
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Figure 6.2 The power conditioning electronics and MCU, temperature sensor, and 
Bluetooth radio. The large printed circuit boards (PCBs), evaluation boards, and jumper 
cables are done for ease in the prototyping process.  
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Figure 6.3 The setup of the ME WPTS and the 7.78 cm radius, nine turn, flat solenoid 
transmit coil. The function generator inputs a signal to the RF power amplifier, which 
excites high-frequency current in the transmit coil creating a B-field at the ME receiver.  

 

 

Table 6.2 Stepwise system power losses for ME WPTS at 50 µT 

 Optimal Load 
(Ω) 

Voltage  
(V -RMS) 

Power (µW) Step Efficiency Overall 
Efficiency 

No rectifier 4400 0.637 92.13 X X 
VD rectifier 35000 1.48 62.6 0.68 X 
VD rectifier 
with EPEAS  

310000 3.3 35.1 0.56 0.38 
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Table 6.3 Stepwise system power losses for ME WPTS at 80 µT 

 Optimal Load 
(Ω) 

Voltage  
(V -RMS) 

Power (µW) Step Efficiency Overall 
Efficiency 

No rectifier 4400 1.24 349 X X 
VD rectifier 35000 3.1 275 0.79 X 
VD rectifier 
with EPEAS  

52300 3.3 208 0.76 0.60 

 

 

 

Figure 6.4 A simplified circuit diagram of the receiver side of the ME WPTS. The ME 
receiver is an AC voltage source that is rectified through the VD rectifier. The DC current 
is then passed into the EPEAS chip which outputs a total current, 𝐼 , which powers the 
MCU with 𝐼 . The excess current, 𝐼 , charges a storage capacitor, 𝐶 .  

 

 

Table 6.4 Comparison of ME WPTS for biomedical implants 
 

Article Method Frequency Receiver Size 𝑃  B-field 
(µT) 

𝐹  (MWs/T2m3) 

[22] 2019 ME 150 kHz 10 x 20 x 1.76 mm3 5 mW 101 9.283 

[23] 2019 ME 202 kHz 10 mm 𝜙 x 2.4 mm 19.5 mW 1000 0.512 

[24] 2019 ME 70 kHz 10 x 20 x 2.035 mm3 600 µW 600 0.059 

[25] 2008 ME 60 kHz 41 x 20 x 0.3 mm3 160 mW 2000 2.694 

Our Work 
2022 

ME 179 kHz 12 x 5 x 1.05 mm3 349 µW 80 4.854 
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Table 6.5 Comparison of WPTS for biomedical implants 

Article Method Frequency Receiver Size Distance 𝑃  Efficiency 
(B-field) 

𝐹    𝐹  

[34] 
2010 

MF 1 GHz 2 x 2 x 0.04 mm3  40 mm 150 µW 0.20% 3.2e-6 NA 

[6] 
2014 

MF 1.6 GHz 2 mm 𝜙  50 mm 200 µW  0.04% 1.0e-6 NA 

[42] 
2021 

MF 2.5 GHz 12 x 12 x 3 mm3  190 mm 20 mW  0.50% 1.81e-

4 

NA 

[5] 
2016 

RIC 200 MHz 1 mm 𝜙 x 1 mm 12 mm 224 µW 0.56% 8.06e-

7 

NA 

[33] 
2011 

RIC 8 MHz 10 mm 𝜙 x 0.2mm 10 mm 10 mW  24.60% 2.46e-

5 

NA 

[8] 
2013 

RIC 13.56 MHz 25 x 10 x 0.5 mm3 10 mm 10 mW  58% 5.80e-

5 

NA 

[9] 
2016 

RIC 13.56 MHz 42 mm 𝜙  10 mm 10 mW  89% 8.9e-5 NA 

[35] 
2018 

RIC 11 MHz 5 mm 𝜙 x 1mm 52 mm 1.0 mW 47.8% 1.30e-

3 

NA 

[38] 
2012 

RIC 256 kHz 15 mm 𝜙  10 mm 14 mW 5% 5.0e-6 NA 

[39] 
2018 

RIC 800 kHz 70 mm 𝜙 10 mm  25 W  90% 9.0e-5 NA 

[40] 
2015 

RIC 13.56 MHz 8 x 8 mm2 5 mm 105 mW  65.8% 1.65e-

5 

NA 

[106] 
2022 

RIC 6.78 MHz 3 mm 𝜙 x 10 mm 20 mm 600 µW 5.3 % 2.12e-

5 

NA 

[22] 
2019 

ME 150 kHz 10 x 20 x 1.76 mm3 0 mm 5 mW 101 µT NA 9.28 

[23] 
2019 

ME 202 kHz 10 mm 𝜙 x 2.4 mm 0 mm  19.5 mW 1000 µT NA 0.51 

[24] 
2019 

ME 70 kHz 10 x 20 x 2.035 mm3 0 mm 600 µW 600 µT NA 0.05 

[25] 
2008 

ME 60 kHz 41 x 20 x 0.3 mm3 30 mm 160 mW 2000 µT NA 2.69 

Our 
Work 
2022 

ME 179 kHz 12 x 5 x 1.05 mm3 20 mm 349 µW 80 µT NA 4.85 

 

 

  



148 
 

 

 

 

 

 

Figure 6.5 Normalized efficiency 𝐹  for MF and RIC WPTS. There is a positive 
correlation between the receiver size and 𝐹 . Note the logarithmic scales on both axes.  
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CHAPTER 7 

 

7. CONCLUSION AND FUTURE WORK 

 

This dissertation has centered on improving wireless power transfer to small 

biomedical implants. We examined how choosing the operating frequency affects the 

wireless power transfer for low coupled WPTS. Both low coupled RIC and ME WPTS 

rely on the B-field as the mechanism for wireless power transfer, and both systems’ 

power scales with the B-field squared. Additionally, for RIC WPTS, the power increases 

with the frequency squared, making operating frequency an important parameter for 

designing RIC WPTS. However, for ME WPTS and nonresonant inductive WPTS, the 

power scales linearly with frequency, making maximizing the B-field the more critical 

parameter in these WPTS.  

But when transmitting power wirelessly through the body, it is important to 

follow the magnetic field exposure safety constraints. The two main bodies that set 

exposure limits for non-ionizing RF exposure, IEEE and ICNRIP, both have safety 

standards that decrease the allowed magnetic field exposure as the frequency of the 

WPTS increases. Because maximizing the B-field is essential for small receiver WPTS, 

which will have very low coupling between the receiver and transmitter, we developed an 

optimal design process for the WPTS that maximizes the B-field at the receiver while 

adhering to safety, size, and power constraints. Additionally, this insight, combined with 

the effect of frequency on the different WPTS, allows us to optimally design WPTS at 
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frequencies where the power transfer will be maximized.  

For ME WPTS, power scales with the square of the B-field and linearly with 

frequency, 𝑃  𝛼 𝐵 𝜔. By taking the IEEE magnetic field exposure limit and 

multiplying it by the operating frequency, we can find the optimal operating frequency 

for ME WPTS. As shown in Figure 7.1, the optimal operating frequency that leads to the 

maximum theoretical power output for an ME WPTS would be 100 kHz. After 100 kHz, 

the maximum theoretical power outputs for an ME WPTS drops due to the significant 

decrease in allowable B-field.   

Maximizing wireless power transfer to biomedical implants requires dealing with 

the likely misalignment between the receiver and transmitter. Once implanted, the exact 

orientation of the implant will be unknown, and both RIC and ME WPTS suffer a loss of 

efficiency as an effect of receiver misalignment. We developed a novel method to 

minimize transmitter-receiver misalignment using a dynamic transmit coil. The dynamic 

transmit coil can increase the power gain of a WPTS with a misaligned receiver by 2-3x, 

and it can operate without any a priori knowledge of the receiver’s orientation. 

Additionally, because it consists of a single flat solenoid coil, it is easy to ensure that the 

B-field inside the body is under the magnetic field exposure limits.  

To help experimentally validate these findings, two WPTS were built. The first 

was a RIC WPTS, which used the optimal design process to deliver 997 mW across a 100 

mm gap and could successfully power an MCU even with 60 degrees of angular 

misalignment between the receive coil and transmit coil. This RIC WPTS was 

successfully integrated into a knee sensor built by our collaborators at the University of 

Freiburg (IMTEK) and then used in experimental trials.  
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The second WPTS was a self-biased ME receiver WPTS that, when supplied with 

80µT at its resonant frequency of 179 kHz, produced 349 µW of power. When 

normalized by its volume and B-field, our device performed better than all other state of 

the art ME transducers built for powering biomedical implants expect for a Galfenol-PZT 

device that used large external biasing magnets. A low-powered biomedical temperature 

sensor was built that consumed on average 66µW of power, which only briefly spiked to 

99 µW when transmitting its data via Bluetooth radio. Charging a small battery or 

supercapacitor with our ME WPTS for 1 hour would allow approximately 5.3 hours of 

runtime for the biomedical sensor. If the B-field of the ME WPTS was increased to the 

IEEE exposure limit of 114 µT, a 1 hour charge would allow a 10.6-hour runtime for the 

sensor. However, suppose the resonant frequency of our ME receiver could be lowered to 

100 kHz, possibly by reducing the width of the receiver and increasing its length while 

holding its thickness constant. In that case, the maximum safe B-field exposure limit rises 

to 615 µT. At this B-field level, the ME receiver power output is 59x greater, implying a 

one-hour charge would allow 312 hours (13 days) of continuous operation of the 

biomedical sensor. This level of wireless power transfer to a small mm-sized implant can 

potentially decrease the size of current biomedical implants and increase the functionality 

of new small biomedical implants that can help diagnose and treat a wide range of 

ailments.  
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Figure 7.1  The IEEE exposure limit B-field squared multiplied by frequency, 𝐵 𝜔, 
versus frequency for a ME WPTS following the IEEE exposure limits. For a ME WPTS, 
the optimal operating frequency is 100 kHz.  
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