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Figure 4.7: Representative phase noise spectrum of the oscillation voltage 
waveform near the sensor resonant frequency at 4.8 MHz. Maximum 
frequency offset is 50 kHz from the resonant frequency. Horizontal scale 
is 10 kHz per division. Vertical scale is 10 dBVrms per division. 
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C h a p t e r  5   

COIL SENSOR SIMULATION AND EXPERIMENTAL RESULTS 

In this chapter, I will approximate the actual coil sensor used in the experiments with 

a simulation model. The purpose of simulating the sensor is to bridge the gap between 

predictions from classical electromagnetic theory and measurements from the 

experiment. The analytical theory described in chapter 4 provides closed-form 

formulae for both the inductive loss distribution and coil’s AC resistance. Using these 

formulae, the total damping efficiency 𝜂𝜂 = 𝜂𝜂𝐸𝐸𝜂𝜂𝐺𝐺  can be derived as the figure-of-

merit for coil optimization. However, in the derivations, the coil geometry is limited 

to more straightforward cases like solenoid coils or planar coils. The target geometry 

is also limited to an infinitely large slab or the entire half-space. 

These constraints are non-ideal for calculations of real-world inductive damping 

problems as both the coil and target no longer have simple geometries. Specifically, 

the target can be a complex anatomical structure (for example, the human ankle 

shown in Figure 5.7) that requires time-consuming three-dimensional modeling. The 

coil can also be wound on a curved surface to conform to the target surface. In 

general, they need numerical methods to approximate the real solution to three-

dimensional problems. The finite element analysis (FEA) or finite element method 

(FEM) is a powerful tool to solve such problems. It decomposes the geometry with a 

finite number of mesh elements and solves the partial differential equations 

describing the physical phenomena on these discrete elements. One of the advantages 

brought by FEM is the ability to resolve details at regions that require higher 

accuracy. This is especially important for areas in the model with a small but crucial 

feature (for example, the individual strands in a Litz cable). It is also possible to 

remove details in regions where no physical phenomenon of interest occurs (for 

example, a large air domain). The other advantages include multiple sweeping 
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parameters of interest all at once, which saves a significant amount of time 

compared to carefully designed experiments.  

Using the FEM to solve Maxwell’s equations in the frequency domain, I will show 

results of the AC resistance of a coil made from the Litz cable (chapter 5.1), the 

primary magnetic field, the induced electrical field, and the volumetric inductive loss 

function from the coil sensor (chapter 5.2), and finally the human edema model with 

tissue properties derived from the literature (chapter 5.3).  

As two-dimensional problems are easier to solve with lower memory cost and faster 

numerical convergence, I will first compute the axially symmetric model where the 

field variables are rotationally invariant around the 𝑟𝑟 = 0 symmetry axis (Figure 5.1).  

The model consists of three main parts: the coil sensor, the conductive target, and the 

surrounding air domain. The target is divided into four layers (epidermis, dermis, 

subcutis, and bone). Each layer is assigned with the electrical properties from a Cole-

Cole dispersion model in the literature. 
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Figure 5.1: The schematic drawing of the 2-D axially symmetric model. 
The symmetric axis is 𝑟𝑟 = 0. The coil lies flat on the z=0 surface and has 
its height and width as free variables. The target (z<0) is positioned right 
below coil and contains four layers (epidermis, dermis, subcutis, and bone). 
The air domain (z>0) surrounds the coil and target from above and is 
assigned with zero conductivity. The purple region is the infinite domain 
that contains a stretched mesh to approximate an infinitely large space. 
Note the target also stretches out to infinity in this model.  

 

5.1 AC RESISTANCE OF COILS MADE FROM THE LITZ CABLE 

As mentioned previously in chapter 4, one of the most accurate methods to calculate 

the coil impedance is the finite element method. This section will describe how to 

calculate the AC resistance and inductance of a coil made from the Litz cable. A 

benchmark example of a solenoid coil is given to demonstrate the consistency 

between theory and simulation. The experimental data measured by both the 
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LDC1101 ASIC and Q-meter are also shown for comparison with the simulation 

results.  

The coil is made from 7 turns of 1.3 mm Litz cable and has a diameter of 1 inch. The 

target consists of the epidermis (0.2 mm), dermis (2 mm), subcutis (6 mm), and bone 

(20 mm). The air domain is a sphere of 5 cm enclosing the coil and target. 

The Litz cable used in the simulation consists of individual copper strands in 

hexagonal packing (Figure 5.2). As described in chapter 3, each individual strand has 

a radius smaller than the skin depth of copper at the coil’s resonant frequency to 

minimize the skin effect. To capture the skin effect in detail, I chose a mesh element 

size at least three times smaller than the strand radius. The simulation parameters of 

a solenoid coil are summarized in Table 5.1. 

 

Figure 5.2: 7-turn, 1-inch diameter solenoid coil geometry used in the 
simulation. The magnified view of the Litz cable showing the individual 
strands is on the right. 
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Table 5.1: Parameters of a solenoid coil made from the Litz cable 

Parameter  
Number of strands 673 
Number of turns 7 
Strand diameter 32 𝜇𝜇𝜇𝜇 

Coil diameter 1 inch 
Copper conductivity 58 MS/m 

Coil peak current  1 A 
Coil driving frequency 0.5 MHz to 10 MHz 

 

A solenoid or spiral coil may be made from multiple turns of the Litz cable. However, 

for simplicity and computational efficiency, I will approximate the coil configuration 

with an axially symmetric model. All the field variables are rotationally invariant 

with respect to the symmetric axis. The magnetic vector potential is assumed to have 

only the out-of-plane components as the induced electric field lies primarily in the 

out-of-plane direction. Displacement currents are ignored as the turn-to-turn parasitic 

capacitance is small. 

The current in each strand is set to be 𝐼𝐼𝑐𝑐𝑐𝑐𝑐𝑐𝑐𝑐
𝑛𝑛𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠

. This assumes that the strands swap 

their relative positions in the Litz cable periodically, so each strand is subject to the 

same proximity effect and has an equal share of the total current. The current density 

𝐽𝐽 , on the other hand, is a frequency-dependent variable subject to the integral 

constraint ∫ 𝐽𝐽𝐽𝐽𝐽𝐽𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠 = 𝐼𝐼𝑐𝑐𝑐𝑐𝑐𝑐𝑐𝑐
𝑛𝑛𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠

. At lower frequencies, 𝐽𝐽 is almost uniform in the 

radial direction of the strand. When the skin depth approaches the strand radius as 

frequency increases, the distribution of 𝐽𝐽  becomes non-uniform and more 

concentrated near the edge of the Litz cable (Figure 5.3). 
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Figure 5.3: The current density in the azimuthal direction at (a) 500 kHz 
where the stand diameter to skin depth ratio 𝑑𝑑𝑠𝑠

𝛿𝛿
~ 1
4
 and (b) 5 MHz where 

the stand diameter to skin depth ratio 𝑑𝑑𝑠𝑠
𝛿𝛿

~1. The proximity effect is visible 
at 5 MHz near the edge of the Litz cable (indicated by the black arrow).  

 

The coil resistance is calculated from 𝑅𝑅𝑠𝑠 = 𝑉𝑉
𝐼𝐼𝑐𝑐𝑐𝑐𝑐𝑐𝑐𝑐

 and the coil inductance is calculated 

from the spatial integral of magnetic energy per unit volume as 𝐿𝐿 = ∫|𝑩𝑩|2

𝜇𝜇0𝐼𝐼𝑐𝑐𝑐𝑐𝑐𝑐𝑐𝑐
2 . The 

results show that the coil resistance is highly dependent on frequency, as it starts from 

a value close to 𝑅𝑅𝑑𝑑𝑑𝑑 at 500 kHz and increases almost seven times of 𝑅𝑅𝑑𝑑𝑑𝑑 at 5 MHz 

(Figure 5.4). However, the coil inductance does not exhibit the same behavior but 

merely decreases by less than 0.2% over the entire frequency range. 
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Figure 5.4: Simulated coil properties. (a) Coil resistance and (b) coil 
inductance as a function of frequency. 

 

5.2 MAGNETIC FIELD, INDUCED ELECTRICAL FIELD, AND 

VOLUMETRIC INDUCTIVE LOSS  

I approximate the ankle structure by two types of target geometry (Figure 5.5). The 

first type is the cylindrical target with zero surface curvature, which allows the coil 

windings to sit directly on the top surface of the cylinder for maximal inductive 

damping. The second type is the ellipsoidal target with surface curvature given by 

𝑏𝑏/𝑎𝑎2, where 𝑎𝑎 and 𝑏𝑏 are the long semiaxis and the short semiaxis of the ellipse. The 

different layers under the skin are assumed to be parallel to the surface and their 

dimensions are listed in Table 5.2. 

Table 5.2: Parameters of two types of target geometry 
 

Parameter 
 

Cylinder 
 

Ellipsoid 
Epidermis thickness 0.2 mm 0.2 mm 

Dermis thickness 2 mm 2 mm 
Subcutis thickness 6 mm 6 mm 

Bone thickness 25 mm 16.8 mm (parallel to the short axis) to  
31.8 mm (parallel to the long axis) 

Target radius 40 mm 25 mm (short semiaxis 𝑏𝑏) 
40 mm (long semiaxis 𝑎𝑎) 

Surface curvature  0/cm 0.15/cm 
Target conductivity 1 S/m 1 S/m 
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Figure 5.5: Two types of target geometry used in the axially symmetric 
model (left) cylindrical target (right) ellipsoidal target. The coil position 
remains the same in both cases. 

 

The magnetic flux intensity 𝑩𝑩 and the induced electric field 𝑬𝑬 are calculated from the 

magnetic vector potential 𝑨𝑨  as 𝑩𝑩 = ∇ × 𝑨𝑨  and 𝑬𝑬 = −𝑗𝑗𝑗𝑗𝑨𝑨 . The induced current 

density 𝑱𝑱 and the volumetric inductive loss function 𝑄𝑄 are derived from the induced 

electric field 𝑬𝑬 as 𝑱𝑱 = 𝜎𝜎𝑬𝑬 and 𝑄𝑄 = 𝜎𝜎|𝑬𝑬|2. Since 𝑄𝑄 is the volumetric inductive loss 

function and has the physical meaning of inductive loss per unit volume, taking 

volume integral of 𝑄𝑄 over the target volume represents the total inductive loss in the 

target. The spatial distribution of 𝑄𝑄 suggests the location in the target has the most 

contribution to the inductive loss. The representative plots of 𝑄𝑄 under the two types 

of target geometry show little difference in the spatial distribution of 𝑄𝑄 , but the 

volume integral of 𝑄𝑄 decreased by about 30% for the ellipsoid target (Figure 5.6). 
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Figure 5.6: Volumetric loss function in the (a) cylindrical target and (b) 
ellipsoid target at 8 MHz. Note the differences in the color map scale. 

 

5.3 ANATOMICAL MODEL OF THE HUMAN ANKLE 

To capture the anatomical structure of the ankle, I further developed a 3-D foot model 

and simulated the increase in coil resistance. The foot geometry was imported from 

an open-source database that provides 3-D models reconstructed from computed 

tomography (Figure 5.7). The sensor was conformal to the skin surface (with a near 

constant separation of 1 mm) and located on top of the tibia section near the medial 

malleolus. The thickness values of the epidermis and dermis are 0.2 mm and 2 mm, 

respectively. The remaining structure except the bone is assigned to the subcutis. The 

subcutaneous conductivity was assigned to be 0.2 S/m to mimic a subcutaneous 

edema with 20% interstitial fluid volume fraction (Figure 5.8). 
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Figure 5.7: 3D model of the right foot showing (a) the surface curvature 
and (b) magnetic flux intensity. 

 

 

Figure 5.8: Cross-sectional views of the ankle showing (a) different layers 
under the skin and the relative location of the coil sensor, (b) conductivity 
distribution under normal conditions, and (c) conductivity distribution 
under subcutaneous edema conditions. 

 

By assigning conductivity values to the epidermis, dermis, and subcutis based on 

their depth relative to the skin surface, I computed the volumetric loss density and 

coil resistance in the frequency range of 500 kHz to 10 MHz (Figure 5.9). The bone 

conductivity is set to zero to improve computational efficiency, as 2-D models 

suggest the inductive loss in the bone is negligible. The conductivity and permittivity 

spectra of the dermis are extracted from an online database (IT’IS Foundation, 2021). 



 

 

99 

 

Figure 5.9: Cross-sectional views of the ankle showing (a) magnetic flux 
intensity distribution, (b) volumetric loss density function under normal 
conditions, and (c) volumetric loss density function under subcutaneous 
edema conditions. 

 

5.4 FABRICATION OF WEARABLE INDUCTIVE DAMPING SENSORS 

COIL FABRICATION 

The design of the coil is largely constrained by the LDC 1101 ASIC specifications. 

The manufacturer datasheet states that the coil inductance should be between 1 𝜇𝜇H 

and 500 𝜇𝜇H, the sensor resonant frequency should be from 500 kHz to 10 MHz, and 

the quality factor of the LC-resonator should be between 10 and 400 (Texas 

Instruments, 2021).   

Although coils made from printed circuit boards are easy to mass produce, the quality 

factor of these coils seldom exceeds 100 in the frequency range around 1 MHz. 

Therefore, the Litz cable was used to construct the coils for benchtop testing and 

human subject experiments. 

The strand diameter in the Litz cable was selected according to the skin depth at the 

resonant frequency. The smallest strand diameter available (48 AWG) allows the 

resonant frequency to operate close to 3 MHz without a significant increase in the 

coil resistance. The number of strands in the Litz cable was 675, giving a cable 

diameter of 1.3 mm. This cable diameter allowed a balance between coil resistance 

per unit length and weight.  
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As the strands in the Litz cable are individually insulated, all the strands need to 

be soldered together at the end of the cable. All strands were heated up to >300 

degrees Celsius to simultaneously remove the insulation layer and allow solder to 

wick the bare copper inside. Quality factor measurements confirmed the contact 

resistance at the coil’s terminals is low. 

After properly terminating the Litz cable, I wound it around a 1-inch plastic cylinder 

to make a solenoid coil of seven turns. The number of turns was determined by 

inductance calculations, and seven turns give an inductance value slightly higher than 

1 𝜇𝜇H. Then I poured epoxy around the coil and cured it in a convection oven 

overnight to help fix the coil in place. An acrylic plate of ¼ inch thick was added on 

the top as a cover to protect the coil. It also reduced the capacitive and thermal 

coupling to the environment. 

PRINTED CIRCUIT BOARD FABRICATION 

The design of the custom printed circuit board (PCB) was completed using the 

Altium CircuitMaker software. Since the PCB is near the coil sensor, special care 

was taken to avoid large metal areas or loops for eddy currents to flow. The PCB is 

ring-shaped with an inner diameter slightly larger than 1-inch to enclose the coil, and 

an outer dimeter of 5 cm to fit into the vacuum pump used in human experiments.  
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Figure 5.10: Block diagram of the custom designed PCB for LDC1101. 
 

The PCB and surface mount components were assembled by the standard reflow 

process at a peak temperature of 260 degrees Celsius. Staying below 260 degrees 

Celsius helps to protect the temperature-sensitive package of the LDC1101 ASIC. 

Other surface mount sensors on board included a temperature sensor for temperature 

compensation and a pressure sensor to record the suction pressure. The 

microcontroller was a Bluetooth Low Energy (BLE) module that can communicate 

with peripheral sensors using the standard I2C and SPI protocols and transmit data 

to a nearby tablet device or smart phone.  

After assembling the PCB, the components were checked with a digital multimeter 

for accidental short or open circuits during the reflow process. Then the custom 

firmware was written to the microcontroller and a logic analyzer was connected to 

trace the packets and debug potential issues. 
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5.5 MEASUREMENTS FROM CONDUCTIVITY STANDARDS, 

SALINE SOLUTIONS AND GELATIN PHANTOMS 

POTASSIUM CHLORIDE CONDUCTIVITY STANDARDS AND SALINE 

SOLUTIONS 

The potassium chloride solution is commonly used as the conductivity standard for 

calibrating the conductivity meter. Therefore, I chose it as the initial target for proof-

of-concept verifications. The conductivity values tested were 44.7 mS/m, 0.15 S/m, 

and 1.29 S/m at 25 degrees Celsius. The solution was stored in the original 500 mL 

plastic container from the manufacturer and remained intact during the 

measurements.  

Before the experiment, the coil sensor was attached to a flat acrylic plate with epoxy 

and left in a convection oven overnight at 60 degrees Celsius to cure the epoxy. The 

acrylic plate had a thickness of ¼ inch (6.35 mm) to reduce the capacitive coupling 

effect and provided a landing site for the test samples. During the experiment, the 

acrylic plate was held from below by plastic support (Figure 5.11). The cylindrical 

support helped stabilize the sensor to prevent vertical movements when it was in 

contact with the bottle containing the conductivity standard. Therefore, the gap 

between the conductivity standard and sensor is assumed to be equal to the thickness 

of the acrylic plate. The support also isolated the sensor from nearby objects that 

could interfere with the output signal. The clearance distance from the surrounding 

objects was 25 cm or ten times the coil diameter. As shown in chapter 5, this reduced 

the amount of inductive loss from the fringing magnetic field to less than 10% of the 

inductive loss in the target. 
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Figure 5.11: Schematic drawing (left) and photo (right) of the 
experimental setup for measuring the conductivity standards. The plastic 
bottle containing the conductivity standard has a volume of 500 mL and a 
diameter of 7 cm. The height of the plastic support is 25 cm. 

 

Based on the theoretical analysis (chapter 4), the change in coil resistance should be 

linearly proportional to the target conductivity. However, in the experiments, the 

linear relationship was no longer held when the conductivity dropped below ~0.1 

S/m. One possible explanation is the dielectric loss through the capacitive coupling 

effect, which represents a resistance offset in the coil resistance versus conductivity 

plot when conductivity approaches zero (Figure 5.12). The effect can be mitigated 

by proper electrical shielding. 
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Figure 5.12: The coil resistance increase Δ𝑅𝑅𝑠𝑠  as a linear function of 
conductivity. (a) Results from potassium chloride conductivity standards 
(500 mL, diameter = 7cm) measured at 5 MHz. (b) Results from sodium 
chloride solutions (25 mL, diameter = 2 cm) measured at 7.7 MHz. The 
room temperature was at 25 degrees Celsius.  

 

GELATIN PHANTOMS WITH VARYING THICKNESS AND SALINE SOAKING 

TIME  

The gelatin phantoms were prepared according to the standard recipe for ballistic 

gelatin (Wikipedia, 2021). One part of gelatin powder was mixed with nine parts of 

deionized water to make a 10% gelatin-water mixture by weight.  

The gelatin-water mixture was stirred with a magnetic stirrer under continuous 

heating on a hot plate until all the visible gelatin chunks were dissolved and the 

solution became light-yellow. Then the solution was poured into a 14-cm diameter 

plastic petri dish and weighed on a digital laboratory balance with 0.01 g resolution. 

The solution was cooled at room temperature on a flat surface until it solidified. 

The electrical conductivity of the 10% gelatin solution was measured by a 

conductivity probe, which gave a conductivity reading of 0.063 S/m. Therefore, the 

ion concentration in the unmodified gelatin was negligible compared to the buffer 

solution, which has a conductivity of 1.48 S/m at 26 degrees Celsius. Five gelatin 
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phantoms with the same diameter but different thickness values were prepared by 

adjusting the amount of gelatin poured into the petri dish. The weight of each gelatin 

phantom was measured to be 46.0 g, 72.0 g, 104.0 g, and 134.0 g. The corresponding 

thickness values were 2.8 mm, 3.6 mm, 6.3 mm, 8.1 mm. 

After the phantoms became solidified, the Dulbecco’s Phosphate Buffered Saline 

(DPBS) solution was added to the phantom. The phantoms were soaked in DPBS for 

a maximum of 4 hours and intermittently rinsed with deionized water for 

conductivity measurements (Figure 5.13). 

 

Figure 5.13: The experimental setup for gelatin phantom soaking test.  
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A four-electrode setup was used to measure the gelatin phantom conductivity 

(Figure 5.14). The electrodes were gold plated pin header with a pitch of 0.1 inch and 

a cross-sectional area 0.025 inch by 0.025 inch. This allows equal spacing between 

adjacent electrodes for the four-point probe measurements. The AC voltage source is 

a commercial signal generator that allows quick sweeping of frequencies (1 kHz to 1 

MHz). A peak-to-peak value of 4 V was used for the experiment. A current-sensing 

resistor of 3.9 kΩ was used to limit the total current to be less than 1 mA. The voltage 

waveforms at the sensing electrodes (B and C) were recorded by a digital 

oscilloscope at a sampling rate of 1 billion samples per second. The subtraction 

function of the oscilloscope was used to measure the voltage difference across the 

electrodes. An average of 1024 waveforms was used to reduce the noise from the 

attenuator in the oscilloscope.  

 

Figure 5.14: The four-electrode circuit diagram (left) and experimental 
setup (right). The currents 𝐼𝐼1 and 𝐼𝐼2 flowing into the oscilloscope probes 
are assumed to be negligible compared to the total current 𝐼𝐼. The voltage 
source is from a commercial signal generator. The oscilloscope has a 
sampling rate of 500 MSPS. The letters (A, B, C, and D) mark the wiring 
connections to the four electrodes. The electrode pair A-D provides the 
driving current 𝐼𝐼 while the pair B-C senses the voltage drop 𝑉𝑉. The resistor 
𝑅𝑅  serves a current-sensing element and limits the amount of current 
flowing through the sample to prevent overload. 𝑅𝑅𝑒𝑒 denotes the electrode 
resistance. 

  



 

 

107 
The four-point probe equation for the bulk resistivity is (Smits, 1958): 

 𝜌𝜌 = 𝜌𝜌𝑠𝑠𝑡𝑡 =
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, where 𝜌𝜌 is the bulk resistivity,  𝜌𝜌𝑠𝑠 is the sheet resistivity, 𝑡𝑡 is the thickness of the 

sample, 𝑠𝑠 is the separation distance between adjacent electrodes, 𝐶𝐶 is the diameter 

correction factor for a circular piece depending on the ratio 𝑑𝑑/𝑠𝑠, 𝐹𝐹 is the thickness 

correction factor depending on the ratio 𝑡𝑡/𝑠𝑠, 𝑉𝑉 and 𝐼𝐼 are the voltage and current of 

the electrode pair B-C, 𝑉𝑉𝑅𝑅 and 𝑅𝑅 are the resistor voltage and resistance (Figure 5.15). 

 
Figure 5.15: The measured increase in coil resistance Δ𝑅𝑅𝑠𝑠 as a function of 
measured four-point probe conductivity from the 46.0 g gelatin phantom. 
The r-square value of the linear fit line is 0.97.  

 

The plot of 𝛥𝛥𝑅𝑅𝑠𝑠 to 𝜎𝜎 is close to a straight line like the calibration curve obtained from 

the conductivity standards. However, one noticeable difference is the upward kink 

when the conductivity is higher than 0.6 S/m. This can be explained by an increase 

in gelatin thickness after prolonged soaking in saline, and more eddy currents are 

allowed to flow and dissipate power. A similar phenomenon is expected in the case 

of skin edema.    
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5.6 RESULTS FROM HEALTHY HUMAN SUBJECTS 

In this section I will describe the measurements on healthy human subjects to 

establish a baseline of skin conductivity under normal conditions and then move 

forward with results from the artificially induced skin edema. The method I used was 

applying a negative suction pressure on the ankle skin, so the pressure difference in 

the interstitial space became significantly larger than the normal value. According to 

the revised Starling’s equation, the plasma filtration rate was increased by more than 

ten times. This caused an imbalance between the inflow and drainage in the 

interstitial space, which eventually resulted in subcutaneous edema. The edema skin 

thickness was evaluated with a 10 MHz single-element ultrasound transducer and 

compared to the value predicted by the skin edema model in chapter 2.  

VACUUM INDUCED SUBCUTANEOUS EDEMA CONDUCTIVITY 

Three healthy volunteers (two males, one female) were recruited for the skin edema 

sensor experiments. The human experiments were conducted under the protocol 

approved by the Institutional Review Board at the California Institute of Technology 

(protocol no. 19-0945). An informed consent was obtained before conducting the 

experiment. 

The human subject protocol involves applying a negative suction pressure on the skin 

surface near the ankle area. The suction pressure ranged from 5 kPa to 40 kPa below 

one atmospheric pressure, and the total suction time ranged from 5 minutes to 30 

minutes.  

A commerically available vacuum pump was intergrated with the custom circuit 

board and coil sensor for vacuum suction (Figure 5.16). The sensor holder is 

conformal to the skin surface so the separation distance between the sensor and the 

skin is minimized. A 1-mm thick edema was visible after 30 minutes of suction at 40 

kPa, confirming the validity of this method to induce skin edema.  
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Figure 5.16: (a) Schematic drawing of the experimental setup for vacuum 
suction induced edema, and (b) a photo showing the vacuum pump 
integrated with the skin edema sensor (top) and the induced skin edema 
(bottom). Measurements were taken from human ankle over 30 minutes. 
 

 

Figure 5.17: Experimental results from healthy human subjects. (a) 
relative thickness change of dermis and subcutis as a function of negative 
pressure applied to the skin, (b) subcutaneous conductivity predicted by the 
edema model and Archie’s law (blue solid line) and measured by the skin 
edema sensor (orange error bars). Measurements were taken from human 
ankle over 15 minutes. 
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SKIN THICKNESS MEASUREMENTS 

The auxiliary ultrasound skin thickness sensor is not required for skin edema 

quantification. Still, it provides extra information on the thickness of each skin layer 

and is used in the experimental setup as the benchmark measurement of skin edema.  

Skin thickness is an essential parameter for estimating the interstitial fluid volume 

fraction. Assuming the skin can be modeled as a three-layer cylinder and denoting 

the baseline values of the subcutaneous thickness, radius, length, and interstitial fluid 

volume fraction as 𝑡𝑡0 , 𝑅𝑅0 , 𝐿𝐿0 , 𝜙𝜙0 , respectively (Figure 2.9), then the edematous 

interstitial fluid volume fraction can be derived from the change in subcutis thickness: 

𝜙𝜙 =
2𝜋𝜋𝑅𝑅0𝐿𝐿0𝑡𝑡0𝜙𝜙0 + 2𝜋𝜋 �𝑅𝑅0 + 𝑡𝑡0

2 + Δ𝑡𝑡
2 � (𝐿𝐿0 + Δ𝐿𝐿)Δ𝑡𝑡

2𝜋𝜋 �𝑅𝑅0 + Δ𝑡𝑡
2 � (𝐿𝐿0 + Δ𝐿𝐿)(𝑡𝑡0 + Δ𝑡𝑡)

≈
𝑅𝑅0𝑡𝑡0𝜙𝜙0 + �𝑅𝑅0 + 𝑡𝑡0

2 + Δ𝑡𝑡
2 � Δ𝑡𝑡

�𝑅𝑅0 + Δ𝑡𝑡
2 � (𝑡𝑡0 + Δ𝑡𝑡)

 

(5.2) 

I used a single-element ultrasound transducer with a center frequency of 10 MHz to 

capture the skin thickness change with an axial resolution around 0.3 mm from 𝑡𝑡0 to 

𝑡𝑡𝑜𝑜 + Δ𝑡𝑡 during the experiment. An off-the-shelf ultrasound transmitter chip drives 

the transducer with ±80 V triple pulses at a pulse repetition rate at 20 Hz. The 

received signal is amplified by a low-noise amplifier and digitized by an oscilloscope 

at 1 billion samples per second. The raw signal waveform is collected during the 

vacuum suction to create a time-motion image for tracking the dermal thickness 

(Figure 5.18). An optional digital band-pass filter from 5 MHz to 15 MHz can be 

applied to further enhance the dermis layer. 
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Figure 5.18: Skin thickness measurement setup. (left) schematic drawing 
of the setup dimension and relative locations of the ultrasound transducer 
and skin edema eddy current damping (ECD) sensor, (right) the motion-
mode ultrasound image captured by the skin thickness sensor. The 
epidermis is below the axial resolution of the ultrasound transducer and is 
labeled with an arrow to only indicate its boundary.  
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C h a p t e r  6   

MAGNETIC SHIELDING FOR IMPROVED SENSOR 

PERFORMANCE 

In this chapter, I will explore the possibility of using ferrite materials to build 

magnetic shielding around the sensor coil. The idea is to have air gaps that dominate 

the reluctance in the magnetic circuit, so the leaking magnetic flux is limited in the 

proximity of the gap. The advantage of magnetic shielding includes concentrating 

the induction loss field in the region of interest so the signal-to-noise ratio can be 

improved. It also helps to reduce the interference from the back of the coil sensor and 

the environment.  

To quantify the effectiveness of the magnetic shielding, I will investigate the spread 

of the loss distribution in the coil plane and distance away from the coil in the 

direction perpendicular to the coil plane. Another objective for the first half of this 

chapter is the ratio of loss in the region of interest normalized to the total induction 

loss. I will show how to use finite element analysis (FEA) simulations to calculate 

these objectives and optimize the magnetic shielding geometry. The overall goal is 

to achieve focused inductive damping in the subcutis. 

In the second half of the chapter, I will show experimental results from the optimized 

design from the FEA simulations. The two objectives are compared with the first 

sensor prototype on saline tissue phantoms with different width and depth. The 

results suggest that the improved coil design with magnetic shielding helps to 

concentrate more than half of the total induction loss in the subcutis layer and reduce 

the area spread in the horizontal direction. Therefore, the magnetic shielding 

improves the sensor performance by increasing the damping signal from the subcutis 

layer and reducing the unwanted signals that are outside the subcutis. 
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6.1 SIMULATION SETUP 

The simulations are based on an axially symmetric model for better computer 

efficiency and faster design iterations. The coil geometry is the same planar circular 

design from the previous chapter, which consists of three turns in the sample coil 

plane for maximum geometric damping efficiency. Each turn formed by the Litz 

cable has a diameter of 1.27 mm. The ferrite geometry encloses the coil windings and 

the shielding thickness 𝑡𝑡, air gap width 𝑤𝑤, and height ℎ are the model parameters 

(Figure 6.1). The remaining domain is modeled by a large air sphere with infinite 

domain boundaries. 

 

Figure 6.1: The schematic drawing of the 2-D axially symmetric model of 
ferrite magnetic shielding. The symmetric axis is 𝑟𝑟 = 0. The purple region 
is the domain that contains the ferrite material with relative permeability 
of 130. The shielding thickness 𝑡𝑡,  air gap width 𝑤𝑤 and height ℎ are the 
changing variables. The target (𝑧𝑧 < 0) is positioned right below coil and 
contains three layers (epidermis, dermis, and subcutis). The region of 
interest has a cross-section area of 40 mm (width) by 8 mm (depth). The 
air domain (𝑧𝑧 > 0) surrounds the coil, magnetic shielding, and target from 
above and is assigned with zero conductivity.  
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For material properties, the permeability of commercially available ferrite sheets 

is set to be 130 in the frequency range of 500 kHz to 10 MHz according to the 

manufacturer’s datasheet (Laird Performance Materials, 2021). The imaginary part 

of the relative permeability has a maximum of 5 at 13.56 MHz and is practically 

negligible below 10 MHz. Therefore, the ferrite material is assumed to have no 

magnetic loss in the simulations. 

6.2 SIMULATION RESULTS 

SPREAD OF INDUCTIVE LOSS DISTRIBUTION  

The volume integration of the inductive loss density function gives the cumulative 

loss distribution in the target. Since the model is axially symmetric and the coil center 

sits at the origin of the r-z coordinate system, it is natural to take the volume integral 

from (𝑟𝑟, 𝑧𝑧) = (0,0) to the point of interest: 

𝑃𝑃(𝑟𝑟, 𝑧𝑧) = 2𝜋𝜋��𝑄𝑄(𝑟𝑟′, 𝑧𝑧′)𝑟𝑟′𝑑𝑑𝑑𝑑′𝑑𝑑𝑑𝑑′
𝑟𝑟

0

0

𝑧𝑧

 (6.1) 

, where 𝑃𝑃(𝑟𝑟, 𝑧𝑧) is the cumulative loss function, and 𝑄𝑄(𝑟𝑟, 𝑧𝑧) is the inductive loss 

density function assuming a uniform conductivity value of 1 S/m in the lower half 

space 𝑧𝑧 < 0.  
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Figure 6.2: The schematic drawing of the volume integration to calculation 
the cumulative loss distribution in the skin (𝑧𝑧 < 0). The red area is the 
region for the definite volume integral in equation 6.1. Also note that the 
integration is taken on a revolved geometry that has a symmetric axis at 
𝑟𝑟 = 0. 

 

The selection of 1 S/m is to remove the dependency on the conductivity of individual 

skin layer and leave out only the power loss weightings 𝑤𝑤𝑒𝑒𝑒𝑒𝑒𝑒 , 𝑤𝑤𝑑𝑑𝑑𝑑𝑑𝑑 , and 𝑤𝑤𝑠𝑠𝑠𝑠𝑠𝑠 

(equation 6.2).  

𝜎𝜎𝑒𝑒𝑒𝑒𝑒𝑒 =
𝑃𝑃𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚

𝑃𝑃𝑟𝑟𝑟𝑟𝑟𝑟
𝜎𝜎𝐼𝐼𝐼𝐼𝐼𝐼 ≈ 𝑤𝑤𝑒𝑒𝑒𝑒𝑒𝑒𝜎𝜎𝑒𝑒𝑒𝑒𝑒𝑒 + 𝑤𝑤𝑑𝑑𝑑𝑑𝑑𝑑𝜎𝜎𝑑𝑑𝑑𝑑𝑑𝑑 + 𝑤𝑤𝑠𝑠𝑠𝑠𝑠𝑠𝜎𝜎𝑠𝑠𝑠𝑠𝑠𝑠 (6.2) 

Now if we assume 𝑤𝑤𝑒𝑒𝑒𝑒𝑒𝑒𝜎𝜎𝑒𝑒𝑒𝑒𝑒𝑒 ≪ 𝜎𝜎𝑒𝑒𝑒𝑒𝑒𝑒  (the contribution from the epidermis is 

negligible) and imagine two coil configurations that have linearly independent 

weighting vectors (𝑤𝑤1
𝑑𝑑𝑑𝑑𝑑𝑑,𝑤𝑤1

𝑠𝑠𝑠𝑠𝑏𝑏)  and  (𝑤𝑤2
𝑑𝑑𝑑𝑑𝑑𝑑,𝑤𝑤2

𝑠𝑠𝑠𝑠𝑠𝑠) , then both the dermis 

conductivity and subcutis conductivity can be solved as: 
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�𝑤𝑤
1
𝑑𝑑𝑑𝑑𝑑𝑑 𝑤𝑤1

𝑠𝑠𝑠𝑠𝑠𝑠
𝑤𝑤2

𝑑𝑑𝑑𝑑𝑑𝑑 𝑤𝑤2
𝑠𝑠𝑠𝑠𝑠𝑠

�
−1

�
𝜎𝜎1𝑒𝑒𝑒𝑒𝑒𝑒
𝜎𝜎2𝑒𝑒𝑒𝑒𝑒𝑒

� = �
𝜎𝜎𝑑𝑑𝑑𝑑𝑑𝑑
𝜎𝜎𝑠𝑠𝑠𝑠𝑠𝑠� (6.3) 

Since the loss density function is non-negative and decreasing relatively fast, the limit 

of 𝑃𝑃(𝑟𝑟, 𝑧𝑧) exists when both r and z approach infinity, and I will define this value as 

the maximum loss: 

𝑃𝑃𝑚𝑚𝑚𝑚𝑚𝑚 = lim𝑟𝑟→∞
𝑧𝑧→∞

𝑃𝑃(𝑟𝑟, 𝑧𝑧) (6.4) 

Therefore, the ratio of 𝑃𝑃(𝑟𝑟, 𝑧𝑧) to 𝑃𝑃𝑚𝑚𝑚𝑚𝑚𝑚 defines the loss percentage in the cylinder of 

radius 𝑟𝑟  and depth 𝑧𝑧 . I will define 80% for the loss ratio in the skin (including 

subcutis) and 40% in the subcutis as the desired values. The remaining 20% of loss 

is in the bone or other tissue and should be considered as a possible source of 

measurement errors. 

I will first investigate the effect of magnetic shielding thickness 𝑡𝑡  on the loss 

distribution. To simplify the problem, the bottom shielding layer is temporarily 

removed, and the shielding thickness is swept from 1 mm to 8 mm. According to the 

simulation, doubling the shielding thickness increases the total loss by about 13%. 

However, changing the shielding thickness does not have a significant effect on the 

equal loss contours, except for the case 𝑡𝑡 =1 mm when the loss distribution is slightly 

more spread out (Figure 6.3). Therefore, I set the thickness of the ferrite magnetic 

shielding to be 2 mm for a balance between the shielding performance and sensor 

weight. 
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C h a p t e r  7   

CONLUSION AND FUTURE WORKS 

In the previous chapters, I brought up the challenge of continuous and accurate skin 

edema monitoring and proposed a wearable inductive damping coil sensor as the 

solution. The solution consists of two parts: the first part is an interstitial fluid model 

that relates the interstitial fluid volume fraction to the effective skin conductivity, and 

the second part is the eddy current method that measures the effective skin 

conductivity. The eddy currents are induced in a time-varying magnetic field to 

dissipate power in conductive materials like the edematous skin. This power 

dissipation is proportional to the target conductivity and is represented by an increase 

in the sensor coil’s AC resistance Δ𝑅𝑅𝑠𝑠 which can be measured by a commercially 

available ASIC.  

From the theoretical aspects, I analyzed the sensor coil’s AC resistance as a function 

of frequency, coil geometry, temperature, and effects other than eddy currents. Finite 

element simulations were conducted to calculate the damping contributions from 

each skin layer. The results helped to optimize the design of magnetic shielding 

around the coil, which concentrates the magnetic flux and the loss in the subcutis 

layer. Benchtop experiments on saline solutions and gelatin phantoms confirmed the 

linearity of the sensor output as a function of conductivity, and the magnetic shielding 

helped to reduce the sensing depth that contains 80% of the total damping. Finally, 

the human subject experiments on vacuum-induced skin edema validated the 

interstitial fluid model. 

Future works include experiments on real edema patients for both cross-sectional 

(single measurement on patients with different stages of edema) and longitudinal 

studies (time series measurements on a single patient). with statistical analysis on the 

sensor’s performance in terms of sensitivity and specificity.  


