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ABSTRACT	OF	THE	DISSERTATION	

	
Soft	Wearable	Sensors	for	Continuous	Cardiovascular	Diseases	Monitoring	

By	

Chengyang	Qian	

Doctor	of	Philosophy	in	Biomedical	Engineering	

University	of	California,	Irvine,	2024	

Professor	Michelle	Khine,	Chair	

	 	

Wearable	devices	have	the	potential	to	revolutionize	the	healthcare	industry.	Due	to	their	

stretchability	and/or	flexibility,	these	devices	can	reach	conformal	contact	with	body	parts	that	

they	are	interfacing	with.	This	property	grants	wearable	devices	more	comfortable	wearability	and	

allows	them	to	obtain	high-quality	signals,	effectively	enabling	long-term	wear	and	continuous	

monitoring	of	important	information	that	is	relevant	to	patients’	health.	This	continuous	

information	could	be	used	for	tracking,	predicting,	and	preventing	acute	decompensation	that	

typically	requires	timely	treatment.	The	work	presented	here	demonstrates	a	few	wearable	sensors	

that	specifically	focus	on	continuously	monitoring	vital	signs	useful	for	monitoring	cardiovascular	

diseases,	including	rehabilitation.		Specifically,	a	soft,	capacitive	sensor	used	for	monitoring	blood	

pressure,	an	LC-based	sensor	design	used	for	tracking	interstitial	fluid	pressure,	and	a	wireless	

magnetic	resonator-based	network	used	for	joint	monitoring	are	presented	in	this	dissertation.	
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CHAPTER	1:	Introduction	
	

1.1:	Background	on	Wearable	Sensors	
	
	 The	recent	progress	in	the	miniaturization	of	sensors	has	led	to	the	ubiquity	of	the	Internet	

of	Things	(IoTs),	giving	people	vast	amounts	of	data	on	many	things	of	interest[1].	When	these	data	

are	combined	with	all	the	machine	learning	algorithms,	people	can	uncover	many	hidden	insights	

that	are	otherwise	not	easily	observable	[2].	The	same	idea	can	also	be	implemented	in	the	

healthcare	industry.	In	the	context	of	the	healthcare	industry,	different	sensors	can	be	placed	on	the	

body	to	acquire	important	and	continuous	physiological	signals.	Combined	with	machine	learning	

algorithms,	these	continuous	signals	could	be	processed	and	used	to	uncover	many	hidden	facts	

about	people’s	health,	effectively	enabling	the	prediction,	diagnosis,	and	monitoring	of	many	

chronic	or	acute	diseases[3].	

	 Traditional	medical	sensors	are	typically	rigid	and	bulky,	making	them	uncomfortable	to	

wear	for	long	periods	and	inconvenient	for	daily	data	collection.	However,	these	obstacles	can	be	

bypassed	via	unconventional	fabrication	techniques,	where	the	miniaturized	sensors	are	made	on	

flexible	and/or	stretchable	substrates[4].	These	resulting	sensors	can	form	conformal	contact	with	

the	body	parts	they	are	interfacing	with	due	to	the	flexible	and/or	stretchable	substrates	used.	Due	

to	the	conformal	contact,	these	wearable	sensors	are	comfortable	to	wear	for	the	long	term	and	

capable	of	streaming	continuous	data	with	high	fidelity.	To	gather	vital	signs	or	biomarkers	of	

interest,	many	wearable/	stretchable	sensors	were	designed,	as	shown	in	Figure	1	[5].	In	this	

dissertation,	a	few	wearable	sensor	designs	are	proposed	to	specifically	address	the	monitoring	of	

cardiovascular	diseases	and	subsequent	rehabilitations.	
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Figure	1.	Various	wearable/	stretchable	sensor	designs	used	for	collecting	various	vital	signs	and	biomarker	

signals	[5].	

1.2:	Background	on	Cardiovascular	Diseases	(CVD)	

	 In	this	dissertation,	the	wearable	sensors	developed	are	intended	to	address	cardiovascular	

diseases.	Currently,	cardiovascular	diseases	have	become	the	number	one	cause	of	death	

worldwide,	contributing	18.6	million	deaths	annually	or	one	third	of	global	deaths	[6,7].	Despite	its	

broad	impact	and	lethality,	most	people	are	unaware	of	their	cardiovascular	conditions	and	hence,	

don’t	pay	attention	until	a	heart	attack	or	stroke	occurs,	two	sudden	symptoms	that	are	highly	

lethal	and	contribute	to	85%	of	cardiovascular	disease	deaths	[7–9].	These	diseases	in	general	are	

‘silent’,	relatively	symptomless	until	an	acute,	often	fatal,	event.	Broadly	speaking,	there	are	two	

types	of	cardiovascular	diseases:	vascular	diseases	and	heart	diseases	(Figure	2)[10].	They	have	

different	causes	and	symptoms,	implying	different	sensors	should	be	developed	for	their	respective	

monitoring.		
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Figure	2.	Two	general	types	of	cardiovascular	diseases[10].	

1.2.1:	Vascular	Diseases		 	

Vascular	diseases	are	a	group	of	medical	conditions	that	are	related	to	the	blood	vessels	and	

those	blood	vessels	includes	arteries,	veins	and	capillaries.	The	presence	of	these	diseases	can	

disrupt	or	affect	blood	flow,	which	is	responsible	for	delivering	oxygen	and	nutrient	to	tissues	and	

organs	throughout	the	body.	Metabolic	wastes	are	also	removed	and	carried	away	by	the	

circulation	of	the	blood.	One	of	the	common	vascular	diseases	is	atherosclerosis,	a	symptom	of	

plaque	buildup	in	arteries	that	lead	to	blood	flow	blockage	and	subsequent	oxygen	and	nutrient	

deprivation	in	body	tissues.	Atherosclerosis	can	cause	heart	attack	in	the	heart	and	lead	to	stroke	in	

in	the	brain.	Heart	attack	and	stroke	are	two	of	the	most	acute	and	lethal	resulting	conditions	and	

they	often	lead	to	sudden	deaths	if	not	treated	on	time.	Generally	speaking,	risk	factors	for	vascular	

diseases	include	smoking,	unhealthy	diet,	obesity	and	sedentary	lifestyle.	

Blood	pressure	is	an	important	indicator	for	vascular	diseases,	and	hence,	its	continuous	

monitoring	can	offer	meaningful	trends	for	the	onset.	Blood	pressures	are	often	thought	of	as	two	

important	values:	systolic	and	diastolic	blood	pressure.	Systolic	blood	pressures	are	the	maximum	

blood	pressures	due	to	the	contraction	of	the	heart’s	left	ventricles,	indicating	how	hard	the	heart	is	
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working.	Diastolic	blood	pressures	are	the	blood	pressures	recorded	before	the	next	heart	

contraction,	indicating	the	overall	resistance	of	the	vascular	system	[11].	The	presence	of	typical	

vascular	diseases	or	their	onsets	can	usually	lead	to	abnormal	blood	pressures	[12,13].	If	blood	

pressures	can	be	monitored	continuously,	then	the	presence	or	onset	of	vascular	diseases	can	be	

detected	and	hence,	treated	on	time.		

For	vascular	diseases,	high	blood	pressure	(BP)	is	either	the	cause	or	the	symptoms	of	those	

diseases,	and	therefore,	BP	is	an	important	indicator.	However,	current	blood	pressure	

measurement	is	based	on	an	armcuff	that	only	gives	one	systolic	and	one	diastolic	value;	it	does	not	

account	for	transient	physiology	or	natural	daily	fluctuation	[14].	Continuous	blood	pressure	

measurement	accommodates	those	changes	due	to	its	beat-to-beat	nature,	and	it	is	even	

recommended	for	definitive	diagnosis	of	high	BP,	according	to	the	American	Heart	

Association[15,16].		

The	arterial	line	(A-line)	is	currently	the	best	method	for	continuous	BP	monitoring	at	the	

moment.	In	this	method,	a	catheter	is	inserted	into	the	artery.	However,	due	to	its	invasiveness,	A-

line	needs	to	be	placed	by	experienced	professionals.	Because	of	its	potential	complications,	it	is	not	

suitable	for	everyday	continuous	monitoring.	Many	other	noninvasive	techniques	exist,	but	they	

have	their	drawbacks[17].	Tonometry	requires	constant	holding	and	alignment.	The	finger	cuff	

volume	clamp	is	extremely	uncomfortable	due	to	vasocontraction.	To	resolve	the	above	problem,	a	

sensor	that	is	noninvasive,	comfortable	to	wear,	easy	to	align,	and	capable	of	continuous	BP	

monitoring	is	developed.		

1.2.2:	Heart	Diseases:		

Heart	diseases	refer	to	congenital	or	disease-induced	conditions	that	can	affect	the	

structure	and	function	of	the	heart.	One	of	the	common	heart	diseases	is	cardiomyopathy,	a	

condition	that	enlarge	or	stiffen	heart	muscle(myocardium).	Other	major	common	heart	diseases	

include	arrhythmias	or	valvular	heart	disease.	These	abnormalities	in	the	heart	structure	reduce	
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the	heart’s	pumping	efficiency,	and	can	lead	to	the	initiation	of	compensation	mechanism,	making	

the	heart	work	harder	to	maintain	sufficient	blood	flow	to	the	body.	Ultimately,	prolonged	

overworking	of	the	heart	can	ultimately	lead	to	heart	failure,	an	irreversible	condition	that	leads	to	

gradual,	but	permeant	decrease	in	myocardial	function.	In	the	US,	6.7	million	adults	have	heart	

failure,	and	the	number	is	anticipated	to	increase	to	8.5	million	in	2030[18].	Most	of	the	heart	

failure	patients	are	older	than	65	and	African	Americans	are	20	times	more	likely	to	developed	

heart	failure	before	50.	Although	many	heart	diseases	are	congenital,	there	are	many	acquired	risk	

factors	such	as	smoking,	hypertension,	diabetes,	obesity	etc.	[19].	There	is	currently	no	cure	for	

heart	failure,	and	this	disease	progresses	in	severity	over	time	(Figure	3)[20].	The	onset	of	heart	

failure	usually	causes	a	permanent	reduction	in	myocardial	function,	significantly	affecting	patients’	

quality	of	life	even	after	treatment.	Close	clinical	follow-up	of	the	disease	leads	to	on-time	

treatment,	causing	more	myocardial	function	to	be	retained	after	treatment.	More	heart	function	is	

even	retained	if	the	heart	failure	can	be	monitored	continuously.	Hence,	a	continuous	monitoring	

method	is	preferred	and	needs	to	be	developed.		

Heart	diseases	ultimately	lead	to	congestive	heart	failure	(CHF).	CHF	is	a	detrimental	

condition	that	progresses	over	time	even	after	treatment	and,	as	such,	deserves	continuous	

attention.	Clinically,	heart	failure	monitoring	is	based	on	blood	tests,	EKG,	or	other	visualization	

techniques.	However,	they	are	not	convenient	for	continuous	monitoring	[21–26].	CardioMEMS	can	

perform	continuous	monitoring	of	CHF,	but	it	is	costly	and	hard	to	install[27,28].	An	alternative	and	

practical	biomarker	named	Interstitial	fluid	pressure	(IFP)	can	be	used	for	monitoring	the	onset	of	

CHF,	but	it	is	frequently	ignored.	As	CHF	progresses,	a	failing	heart	is	unable	to	pump	enough	blood,	

causing	veins	to	have	excessive	blood	accumulation	and,	subsequently,	leakage	of	fluid	from	the	

capillary	to	the	interstitium.	The	fluid	buildup	in	the	interstitium	is,	therefore,	manifested	as	an	

increase	in	IFP	and	observable	edema	in	the	lower	body.	
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Figure	3.	Different	levels	of	myocardial	function	reduction	using	conventional,	close	follow-up,	and	

continuous	monitoring[20].		

1.3:	Dissertation	Flow	and	Specific	Sensor	Designs	

In	Chapter	2,	the	materials	and	their	processing	are	explained,	and	they	are	specifically	

used	to	make	the	wearable	sensors	explained	in	the	subsequent	chapters.	A	capacitive	sensor	that	

is	noninvasive,	comfortable	to	wear,	easy	to	align,	and	capable	of	continuous	BP	monitoring	is	

proposed	and	demonstrated	in	Chapter	3.	The	sensor	possesses	high	sensitivity	due	to	the	

wrinkled	gold	electrode,	iontronic	dielectric	used,	and	the	micro-ridge	structure	adopted.	Using	a	

bandpass	filter	and	an	initial	BP	measurement,	the	sensor’s	capacitance	waveform	can	be	converted	

to	continuous	BPs.	

In	Chapter	4,	an	inductor-capacitor	sensor	that	can	continuously	monitor	IFP	is	presented.	

The	sensor	can	wirelessly	transmit	IFP	information	once	implanted	subcutaneously,	and	due	to	its	

inductive	coupling	sensing	mechanism,	the	sensor	can	operate	without	any	battery.	Changes	in	IFP	

are	quantified	by	the	changes	in	resonance	frequency	of	the	implanted	sensor.	
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A	similar	sensing	mechanism	shown	in	Chapter	5	can	also	be	implemented	for	sensing	

other	types	of	information,	with	joint	angle	being	one	of	them.	Joint	angle	monitoring	is	important	

for	gauging	the	biomechanical	function	and	rehabilitation	results	for	post-stroke	patients.	Post-

stroke	patients	usually	have	paralyzed	body	parts,	and	one	way	to	gauge	their	rehabilitation	is	

through	monitoring	their	joints’	range	of	motion.	The	current	methods	for	joint	angle	require	

demanding	environmental	light,	clear	line-of-sight,	complicated	equipment	setup,	and	prior	

calibration[29].	In	addition,	some	of	them	impede	the	motion	of	subjects	and	face	the	problem	of	

mechanical	failure	due	to	repeated	motion	during	measurement.	In	Chapter	5,	a	joint	angle	

measurement	mechanism	that	avoids	the	disadvantages	of	conventional	methods	is	proposed.	This	

mechanism	utilizes	strongly	coupled	magnetic	resonators	that	are	placed	on	two	ends	of	a	certain	

joint	and	quantifies	joint	angle	changes	based	on	the	changes	in	system	resonant	frequency	due	to	

changes	in	coupling	coefficient.	

Finally,	future	prospects	and	directions	in	this	field	are	discussed	in	Chapter	6.	
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CHAPTER	2:	Material	Selection	and	Fabrication	for	Wearable	Sensors		
	

	 Wearable	electronics	have	attracted	much	interest	in	the	field	of	healthcare[30–34].	

Differing	from	traditional	and	rigid	devices	and	sensors	that	impose	stiffness	mismatch	with	body	

surfaces,	wearable	sensors,	and	devices	have	flexibility	and	stretchability	to	form	conformal	contact	

with	the	body	surface.	Conformal	contact	provides	better	long-term	wear	comfort	and	higher	signal	

quality.	However,	special	materials	and	fabrication	methods	are	needed	to	make	those	wearable	

devices.	

2.1:	Substrate	Materials	

Although	there	are	many	existing	materials	and	structures	for	wearable	sensors,	most	of	

them	have	a	substrate	layer	and	a	conductive/functional	layer	on	the	substrate.	[34–41]	The	

Substrate	layer	is	usually	made	of	soft/flexible	materials	that	ensure	the	final	sensors	will	be	

wearable.	The	conductive/functional	layer	can	accommodate	strains	from	the	substrate	layer	and	

still	ensure	the	well-functioning	of	the	sensor.	The	substrate	materials	and	the	

conductive/functional	materials	used	are	explained	in	the	following	sections.	

2.1.1:	PDMS	and	Ecoflex	

	 Polydimethylsiloxane	(PDMS)	is	a	promising	substrate	material	for	wearable	sensors,	and	it	

is	most	widely	used	due	to	its	soft	mechanical	properties	and	biocompatibility.	PDMS	has	Young’s	

modulus	that	ranges	from	100	kPa	to	3	MPa	and	can	accommodate	strain	as	big	as	200%.	These	

mechanical	properties	allow	it	to	conform	with	the	body	and	guarantee	it	is	robust	enough	to	

tolerate	many	types	of	deformation.	In	addition,	PDMS	is	chemically	inert	and	biocompatible,	

making	it	safe	for	direct	skin	contact	or	implantation.	Both	its	soft	mechanical	properties	and	

chemical	stability	make	PDMS	an	ideal	substrate	material	for	wearable	sensors	that	are	intended	

for	continuous	physiological	monitoring.	PDMS	can	also	be	prepared	easily	through	the	mixing	of	

two	types	of	monomers	and	used	in	soft	lithography	or	replica	molding.	As	such,	microstructures	

can	be	created,	and	other	functional	elements	can	be	incorporated.	PDMS’s	surface	can	also	be	
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modified	to	improve	adhesion,	bonding,	and	integration	of	other	sensing	elements.	All	of	the	

properties	mentioned	above	make	PDMS	a	versatile	and	indispensable	substrate	material	for	

advancing	wearable	sensors.	

	 Similar	to	PDMS,	Ecoflex	is	another	type	of	silicone	material	that	is	even	softer.	Ecoflex	is	

softer	than	PDMS	because	of	its	lower	crosslink	density	and	the	larger	monomer	side	group.	Lower	

crosslink	density	means	less	bond	formation	and	larger	monomer	side	groups	mean	loose	packing	

of	the	polymer	chains.	Both	ensure	the	material’s	softer	mechanical	properties.		

2.1.2:	Polyimide	or	Kapton		

	 Polyimide	or	Kapton	is	another	promising	substrate	material	for	wearable	devices.	Kapton	

is	less	stretchable	and	harder	than	elastomeric	materials	such	as	PDMS	or	Ecoflex,	making	it	less	

ideal	for	sensors	that	demand	high	elasticity	or	significant	deformation.	Kapton	does	possess	

certain	flexibility	and	biocompatibility;	it	is	frequently	used	as	a	bonding	material	to	mitigate	the	

stiffness	mismatch	between	two	types	of	materials[42].	Some	manufacturers	even	provide	double-

sided	Kapton	tapes,	an	even	better	option	for	bonding	different	materials.	

2.2:	Conductive/Functional	Materials	

	 Early	wearable	sensors	adopt	conductive	metal	with	special	surface	geometries	to	account	

for	strains,	and	serpentine	is	the	most	common	one	being	adopted[34,36,37,39,43,44].		One	of	the	

structures,	named	Miuraori,	is	said	to	increase	the	substrate	stretchability	by	75%	[40].	However,	

the	fabrication	of	those	structures	and	the	material	add	extra	complexity	to	the	fabrication,	use,	

functionality,	and	lifetime	of	the	final	product.	Embedding	conductive	material	in	elastomers	is	an	

alternative	approach	to	make	conductive	layers[45–47].	However,	this	type	of	conductive	layer	

suffers	a	decrease	in	conductance	when	stretched	and	therefore,	is	mostly	used	for	strain	sensors.	

Liquid	metal	is	an	alternative	material	that	can	serve	as	a	good	conductive	layer[36,38].	However,	

channels	filled	with	liquid	metal	need	extra	precaution	and	handling	during	fabrication	and	can	

cause	leakage	due	to	mechanical	failure.		
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2.2.1:	Wrinkled	Gold	as	Conductive/Functional	Material	

	 Over	the	years,	conductive	layers	on	stress-relief	wrinkled	structures	have	been	shown	to	

be	capable	of	accommodating	changes	in	strain	when	being	stretched[30,34,48,49].	Methods	have	

been	introduced	to	produce	gold	wrinkle	structure	on	PDMS/Ecoflex	wearable	substrate,	

demonstrating	good	stretchability	and	robustness	as	a	type	of	conductive	layer.	The	fabrication	

process	starts	with	pre-stress	polystyrene,	a	shape	memory	polymer	that	shrinks	to	1/3	of	its	

original	size	when	heated	to	its	glass	transition	temperature.	If	the	metal	film	is	deposited	on	the	

polymer	and	then	heated,	the	thin	metal	film	will	buckle,	and	form	wrinkled	structures	due	to	the	

stiffness	mismatch	between	the	polymer	and	the	metal	film.	The	wrinkled	gold	can	be	further	

transferred	onto	PDMS/Ecoflex	silicone	after	surface	treatment,	and	the	resulting	structure	is	

proven	to	retain	its	high	conductivity	at	200%	strain[50].	

2.2.2:	Copper	Foil	as	Conductive/Functional	Material	

	 Thin	film	is	usually	more	flexible	than	its	bulk	form	and	hence,	more	suitable	to	be	used	for	

wearable	sensors.	Copper	is	one	of	the	most	conductive	metals,	and	its	foil	is	widely	available.	

Copper’s	high	conductivity	makes	it	highly	desirable	for	the	conductive	path	or	wearable	antenna.	

Both	applications	require	low	resistance.	Although	copper	in	foil	form	is	not	stretchable,	it	is	

flexible	and,	thus,	can	accommodate	bending.	Therefore,	it	is	more	suitable	for	sensors	that	are	only	

bent	but	not	stretched.	The	thin	copper	foil	is	also	ideal	for	subtractive	processes	such	as	cutting	

using	a	craft	cutter	or	a	laser.	The	same	process	cannot	be	performed	on	thicker	copper	plates.	

Through	proper	encapsulation,	copper	can	resist	oxidation	and	is	safe	for	direct	body	contact.	

2.3:	Fabrication	Techniques	

	 Some	of	the	fabrication	techniques	used	in	the	current	semiconductor	industry	can	be	

directly	adopted	for	the	fabrication	of	wearable	sensors.	Common	techniques	include	sputtering	for	

metal	deposition	and	etching.	Some	of	the	uncommon	techniques	used	in	the	dissertation	include	

laser	ablation	and	craft	cutting.		
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2.3.1:	Metal	Sputtering	

	 Metal	deposition	through	the	processing	of	sputtering	is	a	physical	vapor	deposition	

process	that	involves	bombarding	atoms	from	a	metal	target	and	coating	the	metal	on	a	substrate.	

In	the	process,	the	sputtering	chamber	is	usually	filled	with	Argon	gas,	and	those	Argon	atoms	

become	ionized	due	to	the	presence	of	an	electric	field[51].	The	resulting	ion	will	bombard	the	

metal	target,	such	as	gold,	and	those	metal	atoms	will	be	knocked	down	and	land	on	the	sample	

substrate.	The	sputtering	process	can	be	achieved	at	room	temperature,	which	is	ideal	for	pre-

stressed	polystyrene	that	can	shrink	at	elevated	temperatures.	The	deposited	metal	can	also	have	

desired	patterns	if	a	frisket	film	is	used	to	selectively	cover	certain	areas.		

2.3.2:	Metal	Pattern	Transfer		

	 After	the	process	of	heat-induced	shrinking	of	polystyrene,	the	wrinkled	metal	pattern	

needs	to	be	transferred	onto	wearable	substrates	such	as	PDMS	or	Ecoflex.	The	substrate	needs	to	

be	treated	with	a	layer	of	molecular	glue	so	that	the	metal	layer	can	attach	to	PDMS	and	remain	on	

PDMS	after	the	removal	of	the	polystyrene	layer.	The	substrate	is	treated	in	ethanol	that	has	0.005	

M	of	(3-mercaptopropyl)	trimethoxysilane	(MPTMS)	for	2	hours.		

	 PDMS	is	prepared	by	mixing	the	two	types	of	monomers	in	a	weight	ratio	of	1:1	and	spin-

coated	onto	the	treated	substrates	before	curing.	The	process	of	spin-coating	can	result	in	an	evenly	

coated	layer	of	liquid	material,	and	the	thickness	depends	on	the	speed	of	rotation.	The	resulting	

substrates	are	treated	in	a	vacuum	chamber	so	that	liquid	PDMS	can	fill	the	wrinkles	and	firmly	

bond	with	MPTMS.	Finally,	PDMS	is	cured	at	elevated	temperatures.		

	 The	polystyrene	needs	to	be	removed	so	that	only	gold	can	remain	on	the	PDMS.	The	

process	of	polystyrene	removal	is	done	through	the	process	of	etching,	a	subtractive	fabrication	

procedure.	The	polystyrene	is	removed	through	the	process	of	wet	etching.	The	substrate	is	

immersed	in	an	organic	solution	bath	at	an	elevated	temperature	so	that	the	polystyrene	can	be	

dissolved.	Substrates	are	immersed	in	acetone	at	75	Celsius	for	20	minutes	so	that	PDMS	with	gold	
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can	be	peeled	off.	The	PDMS	is	then	immersed	in	toluene	solution	for	2	minutes	and	sonicated	for	

further	cleaning.	The	resulting	substrate	is	dried	at	room	temperature.	

2.3.3:	Oxygen	Plasma	Cleaning	and	Surface	Activation		

	 There	is	residue	organic	contamination	on	the	surface	of	the	electrode,	and	the	

contamination	can	be	removed	using	oxygen	plasma.	It	works	by	exposing	the	contamination	to	

ionized	oxygen	gas	with	high-energy	oxygen	species,	such	as	ions	and	radicals.	These	high-energy	

species	can	break	the	bonds	in	organic	species	and	decompose	them	into	smaller	molecules	that	

can	detach	from	the	surface	more	easily.	In	addition,	these	species	can	break	bonds	in	PDMS	or	

Ecoflex	surfaces	and	create	surface	radicals	that	can	bond	with	other	radicals	or	molecules.	These	

radicals	can	bond	two	pieces	of	substrates,	providing	an	effective	assembly	method.	Hence,	oxygen	

plasma	is	an	effective	way	for	cleaning	and	surface	bonding.	

2.3.4:	Laser	Ablation			

	 Laser	ablation	is	a	subtractive	fabrication	technique	that	has	gained	significant	attention	

due	to	its	precision	and	versatility.	The	technique	uses	a	focused	laser	beam	to	raster	a	material	

surface	to	define	a	specific	shape	or	cut	a	specific	material	into	a	defined	shape.	The	laser’s	

interaction	with	the	surface	depends	on	the	laser’s	wavelength,	speed,	and	power.	Laser	ablation	is	

popular	due	to	its	high	resolution	and	precise	control	of	material	removal,	making	it	suitable	for	

defining	our	sensor’s	electrode	or	conductive	path	shape.	

2.3.4:	Craft	Cutting			

	 Craft	cutting	is	another	subtractive	process	that	involves	the	use	of	a	blade	to	directly	cut	a	

certain	material	into	the	desired	shape.	The	important	parameters	include	the	force,	speed,	and	

length	of	blade	protrusion.	A	correct	combination	of	speed,	force,	and	blade	protrusion	ensures	the	

blade	only	cuts	the	surface	material	but	not	the	substrate	material	that	is	on	the	bottom.	Craft	

cutter	provides	a	subtractive	fabrication	method	that	is	supplementary	to	laser	ablation.	Lasers	

with	longer	wavelengths	are	not	suitable	for	cutting	metal	surfaces	since	the	metal’s	smooth	
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surface	can	reflect	the	laser	light.	Despite	the	craft	cutter’s	lower	precision,	it	can	provide	a	rapid	

alternative	method	for	patterning	the	metal	without	worrying	about	light	reflection.		
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CHAPTER	3:	Ultra-Sensitive	Capacitive	Sensor	for	Continuous	Blood	
Pressure	Measurement	

	
3.1:	Background	and	Motivation	
	 	
	 Vascular	disease	is	one	category	of	cardiovascular	disease.	Blood	pressure	(BP)	is	highly	

indicative	of	many	potential	or	ongoing	vascular	diseases.	Blood	pressures	are	composed	of	two	

important	values:	systolic	and	diastolic	blood	pressure.	Systolic	blood	pressures	are	the	maximum	

blood	pressures	due	to	the	contraction	of	the	heart’s	left	ventricles,	indicating	how	hard	the	heart	is	

working.	Diastolic	blood	pressures	are	the	blood	pressures	recorded	before	the	next	heart	

contraction,	indicating	the	overall	resistance	of	the	vascular	system	[11].	The	presence	of	typical	

vascular	diseases	or	their	onsets	can	usually	lead	to	abnormal	blood	pressures	[12,13].	However,	

BP	values	naturally	oscillate,	spanning	from	short-term	beat-to-beat	variability	to	long-term	24-

hour	circadian	fluctuation,	making	it	challenging	to	decouple	many	confounding	factors	and	detect	

the	actual	abnormalities	associated	with	vascular	diseases.	As	such,	an	accurate	diagnosis	cannot	be	

made.	BP	monitoring	is	usually	obtained	from	an	armcuff	or	sphygmomanometer,	devices	that	can	

only	provide	single-value	measurement	and	therefore,	cannot	discriminate	momentary	

physiological	state	from	chronic	conditions.		Ambulatory	BP	monitoring	(ABPM)	has	received	more	

and	more	attention	over	the	past	20	years	since	it	avoids	the	shortcomings	of	single-value	

measurement	and	can	provide	more	insight	into	cardiovascular	diseases	as	an	independent	risk	

factor[14].	To	give	an	example,	according	to	the	American	Heart	Association,	ABPM	is	

recommended	for	the	definitive	diagnosis	of	high	BP,	and	this	process	requires	multiple	blood	

pressure	taken	in	24	hours	so	that	the	individual’s	daily	activities	are	taken	into	consideration.	It	

has	already	been	proven	that	ABPM	provides	a	more	holistic	view	of	a	patient’s	cardiovascular	

condition	and	is	more	accurate	in	hypertension	detection	compared	to	other	clinical	

methods[15,16].	
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	 However,	ABPM	is	still	based	on	oscillometric	methods	that	only	provide	averaged	BP	

values	over	periods	of	30	to	40	seconds	and	require	subjects	to	stay	still	during	measurement	for	

optimal	recording[52–54].	As	such,	it	still	does	not	capture	BPs	with	the	finest	resolution.	So	far,	the	

arterial	line	is	the	standard	method	for	continuously	monitoring	beat-to-beat	BPs.	In	this	method,	a	

catheter	is	inserted	inside	the	artery,	and	the	pressure	sensor	in	the	catheter	is	responsible	for	

continuous	pressure	sensing	in	the	artery.	Nevertheless,	arterial	lines	are	usually	used	on	high-risk	

patients	in	the	intensive	care	unit	since	they	are	invasive,	face	complication	risks,	and	require	

experienced	personnel	for	installation.		

	 Many	noninvasive	BP	monitoring	options	exist,	but	they	all	have	their	respective	drawback.	

The	finger	cuff	method	can	be	uncomfortable	to	wear	and	is	easily	affected	by	vasoconstriction	in	

peripheral	arteries[53–55].	Applanation	tonometry	must	be	positioned	on	top	of	the	artery	

constantly	during	measurement	and	therefore,	is	not	suited	for	continuous	BP	

measurement[53,56].		

	 To	bypass	the	limitations	of	the	methods	mentioned	above,	a	wearable	and	ultra-sensitive	

BP	sensor	needs	to	be	developed.	Many	existing	wearable	sensors	adopt	a	capacitive	sensing	

scheme	for	its	simple	design	and	easy	integration	on	common	wearable	substrates.	This	sensing	

scheme	is	also	good	at	dynamic	responses	compared	to	other	pressure	sensing	methods	[57–75].	

However,	current	capacitive	sensors	lack	sensitivity,	have	slow	response	time,	and	are	limited	in	

both	dynamic	range	and	anti-noise	capability.	Despite	the	utilization	of	various	microstructures	to	

improve	response	time	and	sensitivity,	the	resulting	sensors	still	only	have	high	sensitivities	over	

small	pressure	ranges[76–85].		

	 In	this	chapter,	an	improved	capacitive	sensor	with	several	innovations	is	demonstrated.	In	

this	new	sensor,	a	conventional	dielectric	material	is	changed	to	an	iontronic	dielectric,	and	micro-

ridge	structures	are	added	to	the	sensor’s	substrate	through	micromachining.	The	resulting	sensor	

has	ultra-sensitivity	over	a	large	dynamic	range.	The	use	of	iontronic	material	encourages	the	
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formation	of	electrical	double	layers	that	increase	the	baseline	capacitance	so	the	effect	of	

electromagnetic	noise	can	be	reduced.	Daisy-chain-shaped	electrodes	are	also	designed	so	that	the	

sensor	forms	multi-islands	after	assembly.	This	design	not	only	enables	easy	alignment	with	the	

radial	artery	but	also	retains	the	sensor’s	good	response	time	and	high	noise	resistance.	Finally,	the	

sensor	is	demonstrated	to	be	capable	of	performing	continuous	BP	monitoring.	Using	a	one-time	BP	

measurement	from	an	armcuff	and	a	bandpass	filter,	the	BP	waveform	obtained	from	the	sensor	

can	be	converted	to	continuous	BP	values	with	high	fidelity.	

3.2:	Sensor	Overview	and	Fabrication	
	
3.2.1:	Overview	
	
	 The	pressure	sensor	is	made	of	two	pieces	of	polydimethylsiloxane	(PDMS)	that	have	daisy-

chain-shaped	electrodes	with	micro-wrinkles.	PDMS	is	used	as	the	substrate	material	because	of	its	

suitable	mechanical	property	that	allows	the	sensor	to	form	conformal	contact	with	the	body	and	

encourages	wearability[86].	A	layer	of	iontronic	material	exists	between	the	electrodes	and	is	used	

as	the	dielectric	material.	An	Ecoflex	layer	is	incorporated	to	facilitate	the	bonding	of	two	PDMS	

substrates	after	being	treated	with	oxygen	plasma.	The	orthogonal	orientation	of	two	electrodes	

forms	a	multi-island	design	after	assembly.	The	electrodes	have	gold	wrinkles	that	have	been	

demonstrated	to	maintain	electrical	conductivity	under	200%	strain[50,87].	As	such,	the	wrinkled	

structure	ensures	the	sensor	is	robust	even	when	it	is	integrated	into	soft	elastomeric	PDMS.	The	

detailed	sensor	layout	is	demonstrated	in	Figure	4.	
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Figure	4.		Capacitive	sensor	demonstration.	(a)	A	picture	of	the	sensor	positioned	on	the	radial	artery.	(b)	A	

detailed	sensor	structure.	(c)	Electrical	double	layer	formation	within	the	iontronic	material.	

The	iontronic	material	is	chosen	as	dielectric	material	to	boost	the	sensor’s	sensitivity.	

When	electrodes	are	brought	into	contact,	charged	ions	in	the	iontronic	dielectric	can	migrate	to	

their	respective	electrode	and	form	an	electrical	double	layer	(EDL),	a	phenomenon	that	boosts	

both	the	baseline	capacitance	and	the	change	in	capacitance[88].	Micro-ridges	exist	on	the	two	

sides	of	each	square	pad,	and	they	create	an	air	gap	between	each	square	pad	pair.	Initially,	the	

electrodes	are	not	touching	the	iontronic	dielectric,	and	hence,	EDLs	cannot	form,	and	therefore,	the	

baseline	capacitance	is	low	for	the	sensor.	The	following	equation	defines	the	sensitivity	of	a	

capacitive	sensor:	

𝑆 =
∆"
"#
!
	 	 	 	 	 																(1)	
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where	𝐶"	is	the	baseline	capacitance,		∆𝐶	is	the	capacitance	change	due	to	pressure	applanation,	

and	𝑃	stands	for	the	applied	pressure.	Due	to	the	low	baseline,	the	sensitivity	is	enhanced	since	

every	capacitance	change	will	be	more	significant	with	respect	to	an	already	small	baseline.	

3.2.2:	Sensor	Fabrication		

	 60	nm	of	gold	was	sputtered	on	a	pre-stressed	polystyrene	(PS)	polymer	substrate.	The	

substrate	was	placed	in	an	oven	at	140	°𝐶	for	10	minutes	so	that	the	pre-stressed	PS	could	shrink.	

The	stiffer	gold	on	the	PS	formed	wrinkled	gold	microstructures	due	to	shrinking	and	buckling	with	

the	PS	substrate.	The	shrunk	substrate	was	raster	by	a	CO2	laser	to	define	the	daisy-chain-shaped	

electrode	(speed	84%	and	power	13%).	On	one	of	the	shrunk	PSs,	microgrooves	were	defined	at	

two	edges	of	all	the	square	electrode	pads	at	2.5%	speed	and	2%	power.		After	the	definition	of	

microgrooves	and	electrodes,	the	substrates	were	treated	with	ethanol	that	contained	0.005	M	of	

(3-mercaptopropyl)	trimethoxysilane	(MPTMS)	for	2	hours.	This	ensured	PDMS	would	bond	onto	

the	gold	wrinkle	at	the	subsequent	electrode	transferring	steps.	After	the	substrates	were	dried	and	

rinsed,	PDMS	was	spin-coated	onto	the	substrates.	The	substrates	with	spin-coated	PDMS	were	

placed	in	a	vacuum	environment	for	20	minutes	at	-96	kPa	pressure	so	that	PDMS	could	flow	into	

the	microstructure.	Later,	the	substrates	were	left	in	an	oven	for	2	hours,	and	the	temperature	was	

set	to	60	°𝐶	so	that	PDMS	could	solidify.	The	substrates	were	treated	with	acetone	for	20	minutes	at	

75	°𝐶	so	that	PS	polymer	could	be	dissolved	and	PDMS	could	be	peeled	off	with	gold	electrode	being	

transferred	onto	PDMS.	The	PDMS	was	finally	treated	with	toluene	for	2	minutes	with	sonication	so	

that	the	residual	PS	could	be	removed.	

	 A	frisket	film	pattern	was	defined	by	a	laser	cutter	so	that	it	could	serve	as	a	mask	that	

selectively	cover	the	electrode	on	the	substrate	that	did	not	have	any	micro-ridges.	Ecoflex	0030	

was	spin-coated	on	the	PDMS	to	facilitate	the	bonding	of	two	substrates.	The	frisket	mask	was	

removed	before	the	curing	of	Ecoflex	so	that	the	electrode	remained	uncovered.	As	a	result,	

electrodes	could	form	direct	contact	with	the	iontronic	dielectric.	The	remaining	Ecoflex	layer	



 

19 
 

promoted	the	plasma	bonding	of	PMDS	substrates	that	were	otherwise	wrinkled	and	hard	to	bond.	

The	iontronic	dielectric	was	spin-coated	on	the	flat	substrate	and	cut	into	the	shape	of	the	

electrode.	In	the	end,	substrates	were	placed	orthogonal	to	each	other	and	assembled	together	

using	oxygen	plasma	for	60	seconds	at	200	mTorr.	The	sensor	fabrication	step	is	demonstrated	in	

Figure	5.	

The	iontronic	dielectric	was	made	from	1-ethyl-3-ethyl-methylimidazolium	

bis(trifluoromethylsulfonyl)	amide	and	poly	(vinylidene	fluoride-co-hexafluoropropylene)	with	a	

weight	ratio	of	1:1	for	optimal	performance.	The	ratio	was	demonstrated	to	offer	the	largest	areal	

capacitance	for	input	potential	with	various	frequencies[89,90].	The	mixture	was	heated	in	acetone	

at	75	°𝐶	until	everything	was	completely	dissolved.	Before	being	used,	the	mixture	was	cooled	until	

reaching	room	temperature.			
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Figure	5.		The	process	flow	for	soft	iontronic	capacitive	sensor	fabrication.	(a)	Shrinking	of	the	PS	substrate	

at	140	Celsius	for	10	minutes.	(b)	The	pattering	of	the	electrode	and	microgrooves	using	a	laser	cutter.	(c)	

MPTMS	treatment,	PDMS	spin-coating,	and	vacuuming.	(d)	PS	solvation	for	gold	electrode	pattern	

transferring.	(e)	Definition	of	frisket	film	mask	for	covering	the	electrode.	(f)	Spin-coating	of	Ecoflex	and	

removal	of	the	mask	before	Ecoflex	curing.	(g)	Spin-coating	of	iontronic	dielectric.	(h)	Iontronic	dielectric	

laser	patterning.	(i)	electrodes	assembly	after	oxygen	plasma	treatment.	

3.3:	Sensor	Characterization		
	
3.3.1:		Sensitivity		

	 Normal	force	was	applied	through	a	piece	of	acrylic	square	using	a	force	gauge	that	was	

connected	to	a	test	stand.	The	square	acrylic	probe	was	8	mm	in	edge	length	so	that	its	size	was	

enough	to	overlap	the	sensor’s	sensing	area.	The	pressure	applied	to	the	sensor	was	calculated	

using	the	force	gauge	reading	and	acrylic	tip	area.	The	change	in	capacitance	due	to	applied	normal	

forces	was	captured	using	an	LCR	meter,	and	the	resulting	sensitivity	was	calculated	using	Equation	

(1).		

	 The	resulting	sensor	was	shown	to	have	averaged	sensitivities	of	108.52	kPa-1	from	0	to	5	

kPa	and	14.95	kPa-1	from	5	to	25	kPa	at	10	kHz	input	potential	frequency	(Figure	6a).	Compared	
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with	other	capacitive	sensors,	our	sensor	demonstrated	higher	and	more	linear	sensitivity	over	a	

broader	pressure	range,	making	the	sensor	suitable	to	our	purposes	of	ensuring	the	sensor	can	

operate	with	high	sensitivity	despite	the	use	of	applanation	pressure	above	the	artery[30,77,85,89–

100].	The	sensor	had	different	sensitivities	at	different	input	potential	frequencies	since	AC	

potential	cause	the	migration	and	oscillation	of	the	charged	ions	in	the	iontronic	material.	At	low	

frequencies,	the	charged	ions	had	more	time	to	move	toward	the	corresponding	electrode	and	

therefore,	form	more	complete	EDLs	compared	to	those	that	were	driven	at	higher	input	

frequencies.	EDLs	formed	under	low	input	frequency	correspond	to	bigger	capacitance	change	and	

therefore,	higher	sensitivities[101–103].	The	sensor	could	be	tuned	to	be	used	for	other	

applications	that	have	different	requirements	by	simply	changing	the	input	frequencies.	As	shown	

in	Figure	6a,	the	sensor	sensitivity	decreased	to	4.68	and	1.13	kPa-1	at	their	respective	pressure	

ranges	at	300	kHz,	respectively.	Despite	the	lower	sensitivity,	300	kHz	was	still	selected	for	BP	

measurements	since	its	optimal	sampling	rate	led	to	waveforms	with	high	resolution.		
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Figure	6.	Averaged	sensor	sensitives	at	different	conditions.	(a)	Sensitivities	at	different	input	potential	

frequencies	(n=5).	(b)Our	sensor’s	sensitivities	and	different	dynamic	ranges	compared	with	other	published	

sensors.	Refer	to	the	publication	for	the	number	listed	in	the	figure.	(c)	Different	Sensors’	sensitivities	at	

different	frequencies	300	kHz.	(d)Zoomed-in	sensitivities	are	shown	on	the	right.	

	 The	role	of	iontronic	dielectric	and	air	gap	in	enhancing	the	sensitivity	was	also	scrutinized.	

The	presence	of	iontronic	dielectric	enhanced	the	change	in	capacitance	due	to	the	displacement	of	

charged	species	forming	EDLs	when	electrodes	were	brought	close	to	each	other	[88].	According	to	

Figure	6c,	the	sensor	that	used	iontronic	materials	as	dielectric	showed	enhanced	sensitivity.	The	

presence	of	air	gaps	further	contributed	to	the	sensitivity	of	the	sensor	due	to	its	ability	to	lower	

the	baseline	capacitance,	causing	every	change	in	capacitance	to	be	more	significant	with	respect	to	

an	already	low	baseline.	Also	shown	in	Figure	6c,	the	control	groups	that	lack	air	gaps	had	lower	
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sensitivity	since	the	electrodes	were	already	contacting	iontronic	dielectric,	forming	EDLs	that	

increased	the	baseline	capacitance	at	the	sensor’s	resting	state.	Due	to	the	use	of	iontronic	dielectric	

material,	incorporation	of	air	gaps,	and	the	use	of	wrinkled	electrodes,	our	sensor	demonstrated	

ultrahigh	sensitivity	compared	with	other	published	sensors	(Figure	6b).	In	fact,	the	only	sensor	

that	had	higher	sensitivity	than	us	used	acid	to	provide	charged	ions	in	the	dielectric	material.	Due	

to	the	possible	corrosion	acid	can	cause,	it	is	less	ideal	than	the	ionic	liquid	material	we	used.	In	

addition,	our	sensor	had	a	higher	dynamic	range	at	its	highest	sensitivity	due	to	the	micro	features	

added	to	our	design.	This	indicated	that	our	sensor	is	likely	to	operate	with	its	highest	sensitivity	

despite	the	use	of	applanation	pressure.	

3.3.2:		Response	Time	and	Fatigue	Test		

	 A	square	mechanical	input	was	given	using	a	motor	so	that	the	sensor’s	response	time	could	

be	obtained.	The	sensor’s	capacitance	change	versus	time	responses	were	also	obtained	using	an	

impedance	analyzer	that	could	capture	899	data	points	per	second.	The	sensor	was	compressed	by	

0.3	mm,	and	the	corresponding	actuation	time	was	captured	as	well.	The	response	time	was	

obtained	by	subtracting	the	actuation	time	from	the	sensor’s	reaction	time	to	reach	strain-induced	

maximum	capacitance.	Based	on	the	results	obtained	from	five	square	waves,	an	average	response	

time	of	55.8	±	1.8	ms	was	determined	(Figure	7	a	and	b).	This	averaged	response	time	indicated	

that	the	sensor	could	record	the	BP	waveform	with	sufficient	resolution,	given	that	a	normal	adult	

has	a	resting	heart	rate	ranging	from	60	to	90	beats	per	minute.		

	 The	sensor’s	durability	was	also	verified	via	a	fatigue	test.	The	sensor	was	compressed	by	

50	kPa	pressure	for	5000	cycles.	Consistent	capacitance	changes	and	stable	capacitance	baseline	

were	observed	during	this	test.	This	suggested	that	the	sensor	has	sufficient	robustness	to	provide	

reliable	measurement	for	a	long	time.	
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Figure	7.	Response	time	and	fatigue	test	of	the	sensor.	(a)	The	five	square	waves	are	used	for	obtaining	

response	time.	(b)	One	of	the	zoomed-in	square	waves.	(c)	Fatigue	test	of	the	sensor	over	5000	cycles	of	

compressive	pressure.	(d)	Zoomed-in	fatigue	test	cycles.	

3.4:	In-Vivo	Continuous	Blood	Pressure	Measurement	Results	
	
3.4.1:		Sensor	Placement	for	blood	pressure	monitoring		
	 	
	 To	ensure	ease	of	use,	the	sensor’s	electrode	shape	was	specifically	designed	to	be	daisy-

chain	so	that	the	assembled	sensor	could	form	multi-island	geometry.	It	bypassed	the	shortcoming	

of	typical	tonometry,	where	the	transducer	has	to	be	accurately	aligned	above	the	artery,	and	the	

misalignment	can	easily	occur	due	to	small	movements.	To	verify	the	ease	of	use	of	this	sensor	

design,	a	phantom	BP	generation	device	that	was	able	to	generate	pseudo	pulses	was	designed.	
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Pseudo	pulses	were	generated	by	a	pump	that	was	connected	to	Arduino.	On	the	phantom	device,	a	

grided	line	with	intervals	of	1	mm	was	drawn,	and	it	was	centered	over	the	phantom’s	artery.	Both	

the	current	and	old	sensors	were	positioned	on	the	phantom	and	aligned	with	different	grid	lines	

using	an	applanator	(Figure	8).	The	waveforms	were	recorded	for	both	the	current	and	old	sensor	

design	at	each	grided	line,	with	the	center	of	each	sensor	aligned	on	top	of	it.	As	shown	in	Figure	8	

c,	our	current	sensor	was	found	capable	of	detecting	pulsatile	pressure	despite	its	gradual	

misalignment	from	the	“artery”.	In	contrast,	the	previous	design	began	to	capture	inverted	

waveforms	due	to	misalignment.	Additionally,	the	signal	amplitude	captured	by	the	current	sensor	

was	a	lot	larger	than	that	from	the	old	design.	As	such,	the	electrode’s	daisy-chain	shape	and	each	

island’s	high	sensitivity	ensure	the	capture	of	waveform	despite	its	misalignment	with	the	artery	

and	therefore,	contribute	to	the	sensor’s	ease	of	use.	
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Figure	8.	The	alignment	test	on	phantom	using	the	current	and	old	sensor	design.	(a)	Alignment	of	the	

current	sensor	with	the	grided	line	(b)	Alignment	of	the	old	sensor	with	the	grided	line.	(c)	Pseudo	

waveforms	from	the	current	sensor	(scale	bar	=	10	pF).	(d)	Pseudo	waveforms	from	the	old	sensor	scale	bar	=	

0.05	pF).	

3.4.2:		Continuous	BP	Monitoring		
	
	 The	sensor	was	connected	to	an	LCR	meter	and	positioned	above	the	radial	artery	with	an	

applanator	so	that	continuous	BP	waveform	could	be	captured.	At	the	same	time,	a	device	named	

Caretaker	was	used	to	capture	BP	values,	including	both	systolic	and	diastolic	pressures.	Both	the	

sensor	and	the	Caretaker	were	calibrated	using	an	inflatable	armcuff	that	provided	one-time	

systolic	and	diastolic	pressure.	Waveforms	were	captured	from	six	subjects	on	radial	artery	using	
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the	sensor,	and	the	sensor	was	held	still	using	an	applanator.	The	experimental	setup	is	shown	in	

Figure	9a.	Both	devices	started	recording	simultaneously,	and	the	recording	lasted	for	10	minutes.	

During	the	process,	all	subjects	were	staying	still	and	kept	both	devices	at	heart	level.		The	

waveforms	from	both	devices	were	normalized	and	are	shown	in	Figure	9b.	The	normalized	

waveform	was	filtered	using	a	4th-order	Butterworth	bandpass	filter.	Cutoff	frequencies	were	set	

to	0.5	and	10	Hz	since	this	frequency	range	removes	baseline	wandering	and	high-frequency	noise.	

 

Figure	9.	Experimental	setup	and	the	corresponding	waveforms.	(a)	The	sensor	and	the	Caretaker	setup	for	

recording	continuous	blood	pressure.	(b)	Waveforms	captured	by	both	devices.		

A	one-time	BP	was	obtained	from	an	armcuff,	and	a	transformation	factor	was	derived	to	

convert	capacitance	waveforms	to	BP	waveforms.	Systolic	BPs	and	diastolic	BPs	were	the	peaks	and	

valleys	of	waveforms,	and	they	were	used	to	derive	mean	arterial	pressure	using	the	following	

equation:	

𝑀𝐴𝑃 =
1
3
𝑆𝐵𝑃 +

2
3
𝐷𝐵𝑃	

For	demonstration,	systolic	BPs,	diastolic	BPs,	mean	arterial	pressures,	and	heart	rates	obtained	

from	the	sensor	and	those	from	the	Caretaker	were	compared	for	one	of	the	subjects	(Figure	10	a	

and	b).	The	sensor	values	were	able	to	corroborate	with	the	Caretaker	values.	
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	 The	waveforms	from	both	devices	also	had	high	similarities.	The	waveforms	from	the	

sensor	and	the	Caretaker	were	adjusted	to	the	same	sampling	frequency,	and	then,	the	resulting	

waveforms	were	separated	into	individual	pulses.	Then,	Pearson	Correlation	analysis	was	done	on	

the	individual	pulse	captured	by	both	devices	for	one	subject	after	normalization	and	alignment	

(Figure	10	c).	The	total	Coefficient	was	divided	by	the	total	peak	number,	and	the	average	

coefficient	was	0.964.	

	 Bland-Altman	analyses	were	performed	on	systolic,	diastolic,	and	mean	arterial	pressures	

that	were	obtained	from	both	devices	for	all	the	experimental	subjects	(Figure	10	d-f).	The	mean	

biases	and	standard	deviations	were	0.48±5.57,	1.43±3.66,	and	1.59±2.96	mmHg	for	systolic,	

diastolic,	and	mean	arterial	pressure,	respectively.	The	results	met	the	standard	of	the	Association	

for	the	Advancement	of	Medical	Instrumentation,	where	the	mean	bias	should	be	less	than	5	mmHg,	

and	the	standard	deviation	should	be	less	than	8	mmHg	[52,104].	In	summary,	the	sensor	could	

perform	continuous	BP	measurements	with	high	accuracy.	Compared	to	those	methods	that	require	

two	devices	(pulse	arrival	time	and	pulse	transit	time),	our	method	effectively	uses	one	device	and	

an	initial	calibration	and	obtains	comparable	BP	results	[105,106].	
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Figure	10.	Result	comparison	between	the	Caretaker	and	the	sensor.	(a)	Tracking	of	systolic,	diastolic,	mean	

arterial	pressure,	and	(b)	heart	rates	from	both	devices	for	one	subject.	(d)	A	pulse	alignment	example	for	

waveform	similarity	analysis.	The	Bland-Altman	analyses	for	(d)	systolic	blood	pressures,	(e)	diastolic	

pressures,	and	(f)	mean	arterial	pressures	obtained	from	both	devices.	
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3.4.3:		Blood	Pressure	Waveforms	from	Different	Body	Locations			
	
	 Given	its	ultra-sensitivity,	the	sensor	could	be	adhered	to	the	skin	with	reduced	applanation	

pressure	and	still	operate.	The	reduced	applanation	pressure	encourages	the	sensor	to	be	worn	for	

long	term.	To	verify,	the	sensor	was	placed	above	the	temporal,	carotid,	radial,	and	dorsalis	pedis	

with	the	help	of	a	piece	of	scotch	tape	(Figure	11).	The	results	demonstrated	that	good	waveforms	

could	still	be	captured	under	significantly	reduced	pressure.	According	to	the	calculation,	

approximately	0.55	kPa	pressure	was	exerted	by	the	tape,	one-fortieth	of	that	from	the	applanator.	
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Figure	11.	Sensor	placement	on	different	superficial	arteries	and	their	respective	waveform.	The	sensor	is	

placed	on	the	following	locations	and	obtained	their	respective	waveforms:	(a)	Temporal	artery.	(b)	Carotid	

artery.	(c)	Radial	artery.	(d)	Dorsalis	pedis	artery.	

3.5:	Conclusion	and	Future	Prospects	
	

	 In	conclusion,	an	ultra-sensitive	sensor	was	demonstrated	to	be	capable	of	capturing	

continuous	pulsatile	waveform	despite	the	absence	of	an	applanator.	With	the	help	of	iontronic	

dielectric	and	air	gaps,	the	new	sensor	design	had	extreme	sensitivity,	high	baseline	capacitance,	
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and	a	big	dynamic	range.	The	use	of	daisy-chain-shaped	electrodes	ensured	the	sensor	had	easy	and	

fast	alignment	with	the	artery.	All	the	advantages	above	allowed	the	new	sensor	to	take	accurate	

and	continuous	BP	values	using	one	initial	calibration.		

	 However,	despite	innovations	associated	with	this	sensor,	many	improvements	are	still	

needed.	More	subjects	should	be	recruited	for	the	validation	of	the	sensor,	and	perhaps	the	A-line	

should	be	used	for	the	ground	truth	for	those	subjects.	Compared	to	the	Caretaker,	the	A-line	

should	provide	more	accurate	blood	pressure	values	that	can	help	our	sensor	better	gauge	its	

measurement	accuracy	and,	subsequently,	make	proper	design	adjustments.	In	addition,	the	A-line	

can	also	avoid	the	Caretaker’s	inability	to	tolerate	movement	and	big	changes	in	HR.	To	further	

verify	the	sensor’s	ability	to	detect	abnormalities	in	blood	pressure,	subjects	with	certain	known	

medical	conditions	should	also	be	recruited	so	that	this	sensor’s	efficacy	in	detecting	various	

conditions	can	be	proved.		

	 Using	the	data	collected	from	the	sensor	and	those	from	the	better	ground	truth,	a	better	

calibration	method	can	potentially	be	developed	so	that	the	blood	pressure	waveforms	can	be	

converted	to	beat-to-beat	blood	pressures	more	accurately.	A	good	method	will	be	using	certain	

machine	learning	methods	to	extract	features	from	the	waveforms	and	find	their	correlations	with	

the	corresponding	values	from	the	ground	truth.	The	data	collected	can	be	used	for	training	and	

testing	the	accuracy	of	the	machine	learning	model.	
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CHAPTER	4:	LC-based	Sensor	for	Congestive	Heart	Failure	Monitoring		

4.1:	Background	and	Motivation	
	

Another	category	of	cardiovascular	diseases	is	heart	diseases,	and	it	typically	leads	to	heart	

failure	(HF).	HF	is	affecting	roughly	7,000,000	people	in	the	US,	causing	700,000	deaths	annually	

[107].	Under	the	influence	of	HF,	the	failing	heart	cannot	supply	sufficient	cardiac	output	for	regular	

metabolic	activity	or	accommodate	enough	venous	return	[108,109].	After	initial	diagnosis	and	

treatment,	about	25%	of	the	patients	need	hospital	readmission	after	thirty	days	[110].	According	

to	research,	34.6%	of	the	patients	experienced	30-day	hospital	readmission,	and	the	one-year	death	

rate	was	as	high	as	30%	from	2015	to	2019	[111,112].	This	death	rate	and	readmission	are	high	

since	HF	severity	progresses	over	time	and	eventually	becomes	congestive	heart	failure	(CHF)	if	left	

uncontrolled,	and	there	is	no	cure	known	for	the	end	stage	of	HF.	Eventually,	fluid	builds	up	in	some	

organs	and	lower	bodies,	resulting	in	complications	in	kidneys	and	dysfunction	in	other	organs	

[108,109].	The	fluid	buildup	is	typically	observed	on	the	patient’s	foot,	and	the	symptom	is	called	

edema	(Figure	12).	When	a	patient	is	experiencing	heart	failure,	his/her	heart	will	be	too	weak	to	

pump	blood,	and	that	encourages	blood	accumulation	in	the	blood	vessels.	Blood	accumulation	

leads	to	increased	hydrostatic	pressure	that	promotes	the	fluid	to	leak	from	the	vessel	into	the	

interstitium.	The	same	fluid	buildup	mechanism	is	also	applicable	to	other	organs.		
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Figure	12.	The	edema	symptom	and	its	cause.		

The	high	readmission	and	death	rates	are	largely	due	to	the	lack	of	early	diagnostic	methods	

[113,114].	As	such,	it	is	important	to	detect	the	decompensation	as	early	as	possible	since	delays	in	

medical	intervention	cause	further	complications	and	severity,	incurring	prolonged	hospitalization	

time	and	increased	healthcare	costs	[115–118].	However,	CHF	tracking	is	still	based	on	patient-

reported	symptoms	that	are	subjective	observations	[119].	Therefore,	an	alert	method	that	

provides	early	and	pre-symptomatic	signs	is	needed.	Many	other	methods	are	available	in	clinical	

settings,	but	they	are	not	convenient	for	continuous	monitoring	at	home	[21–26].	

Blood	pressure	is	one	of	the	potential	biomarkers	for	CHF,	but	its	continuous	trends	are	

needed	for	CHF	prediction	[120,121].	The	arterial	line	is	the	most	accurate	method	for	such	a	

purpose,	and	its	operation	involves	the	insertion	of	a	catheter	into	the	artery	for	direct	pressure	

sensing	[122].	The	Chronicle	and	the	HeartPOD	are	the	two	products	inspired	by	the	arterial	line	

since	they	both	require	catheter	insertion	into	the	ventricle	or	atrium	for	direct	blood	pressure	

measurement[27,123–125].	However,	these	devices	have	large	form	factors	due	to	the	presence	of	

power	supplies	and	information	communication	software.	In	contrast	to	implanted	catheter-based	

devices,	CardioMEMS	is	a	small	device	that	is	implanted	in	the	pulmonary	artery,	and	it	senses	the	

BP	inside	[27,28].	However,	CardioMEMS	tends	to	bond	with	the	vessel	wall	and	therefore,	becomes	

hard	to	extract	without	damaging	the	interior	of	the	artery[126].	In	addition,	it	is	hard	to	install	and	

costly.		
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Interstitial	fluid	pressure	(IFP)	is	a	potential	biomarker	for	CHF	tracking,	but	it	is	typically	

overlooked	[107].	In	the	process	of	congestive	heart	failure,	the	ventricles	fail	to	pump	enough	

blood	into	the	body,	and	blood	accumulates	in	the	veins,	contributing	to	elevated	venous	pressure	

[127–129].	Consequently,	elevated	pressures	in	veins	cause	elevated	hydrostatic	pressures	in	

capillaries,	resulting	in	the	leakage	of	fluid	and	electrolytes	into	the	interstitium	[129].	When	the	

leakage	rate	exceeds	the	lymphatic	system’s	draining	capacity,	fluid	will	remain	in	vascular	space,	

and	IFP	will	increase	[127].	Usually,	a	7	mmHg	increase	in	IFP	is	expected	before	CHF	patients	can	

see	observable	edema	(Figure	13a)	[130–132].	Although	a	positive	relationship	exists	between	IFP	

and	edema,	and	some	sensors	can	track	edema	via	swell	monitoring,	observable	edema	already	

indicates	an	abnormally	high	IFP	value[133–139].	It	is	said	that	the	heart’s	pumping	ability	has	

already	decreased	to	1/3	of	its	normal	value	when	observable	edema	is	seen	[130,131].	As	such,	

continuous	monitoring	of	IFP	can	give	a	more	direct	and	earlier	decompensation	sign	than	

monitoring	of	observable	edema.		

	

Figure	13.	The	interstitial	fluid	pressure	increase	and	its	sensing	method.	(a)	Interstitial	fluid	pressure	

increases	when	fluid	builds	up.	(b)	The	traditional	method	of	measuring	interstitial	fluid	pressure[130–132].		

	 Currently,	IFP	is	measured	via	inserting	a	catheter	into	a	porous	sphere,	but	this	method	is	

invasive,	and	complications	can	occur	in	the	long	term	(Figure	13b)	[130–132]	[132,140–146].	

Hence,	it	is	not	ideal	for	continuous	monitoring	and,	thus,	not	useful	for	CHF	prediction.	
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Miniaturized	pressure	sensors	are	ideal	candidates	since	their	small	size	allows	minimally	invasive	

implantation,	a	surgery	that	allows	the	sensor	to	monitor	IFP	directly.	Compared	to	those	catheter-

based	devices,	implanting	device	subcutaneously	is	much	easier.	Nevertheless,	some	sensing	

methods	are	more	suited	for	this	specific	purpose.	Piezoresistive	and	optical	sensors	need	power	

supplies	to	operate	[142,147–150].	Battery	size	and	life	also	contribute	to	their	impracticality.	

Piezoelectric	sensors	can	operate	without	any	power	supply,	but	they	are	best	at	obtaining	dynamic	

pressure	changes,	not	IFP,	which	slowly	increases	[151].	Capacitive	pressure	sensors	are	ideal	not	

only	for	their	simple	design	but	also	for	their	easy	integration	with	inductors	to	form	LC-type	

pressure	sensors	that	can	operate	wirelessly	without	any	power	supply[152–172].		The	resonant	

frequency	of	an	LC-type	sensor	is	quantified	by	the	following:	

𝑓 =
1

2𝜋√𝐿𝐶
	

where	𝐿	stands	for	inductance,	𝐶	stands	for	capacitance,	and	𝑓	stands	for	the	resonant	frequency	of	

the	sensor.	When	the	sensor	is	experiencing	pressure,	both	𝐶	and	𝐿	will	increase,	resulting	in	a	left	

shift	in	𝑓	[166].	This	shift	is	detectable	by	a	readout	coil	and	therefore,	allows	the	detection	of	

pressure	changes	wirelessly	(Figure	14).		

	

Figure	14.	The	sensing	scheme	and	picture	of	LC-type	sensor.	(a)	The	sensor’s	working	mechanism:	the	

subcutaneously	implanted	sensor	transmits	pressure	information	to	an	external	coil.	(b)	Left	shift	of	resonant	

frequency	because	of	change	in	pressure.	(c)	Sensor	pictorial	demonstration.	
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In	this	chapter,	an	LC-type	sensor	is	introduced	for	tracking	IFP.	The	top	and	bottom	coils	

are	asymmetrical	to	each	other	to	realize	bigger	changes	in	resonant	frequency	[166,167].	The	

sensor	contains	two	copper	coils	that	are	carved	out	from	copper	foil,	and	their	shapes	are	defined	

using	a	craft	cutter	on	Kapton	tape	pasted	on	a	PMDS	substrate.	The	planar	coils	are	folded	so	that	

one	coil	is	on	the	top	and	the	other	one	is	on	the	bottom.	An	Ecoflex	layer	(3	mm	thick)	is	placed	

between	them	as	their	separation	layer.	The	sensor	is	suited	for	inexpensive	batch	production	due	

to	its	simple	design,	fabrication	steps,	and	materials.	Its	sensitivity	is	as	high	as	-3.11	MHz/mmHg	

due	to	the	use	of	soft	Ecoflex	as	the	dielectric	material.	Its	form	factor	is	acceptable	for	an	implant,	

and	the	sensor	can	transmit	pressure	information	to	an	external	coil	despite	being	separated	by	

pork	skins	(4	layers,	12.7	mm	thick	in	total).	An	in	vivo	IFP	was	also	simulated	where	the	sensors	

were	inserted	between	pork	skins	and	showed	an	even	higher	sensitivity	of	-8.03	MHz/mmHg.		

	 	
4.2:	Sensor	Overview	and	Fabrication	
	
4.2.1:	Sensor	Fabrication		

	 A	piece	of	copper	foil	was	pasted	on	a	piece	of	double-sided	Kapton	tape,	and	they	were	

mounted	on	a	piece	of	PDMS	sheet.	The	coils	were	carved	using	a	craft	cutter	named	the	Silhouette	

Cameo	4	system.	The	gaps	between	the	coil	turns	were	kept	at	0.25	mm	for	all	coils	since	this	length	

was	the	resolution	limit	of	the	craft	cutter.	The	craft	cutter’s	force	and	speed	were	set	to	be	12	and	

4,	respectively.	The	cut	depth	into	the	substrates	was	set	to	2	(about	0.2	mm).	All	these	craft	cutter	

settings	ensured	the	blade	could	cut	through	everything	but	not	the	PDMS	sheet.	The	substrate	was	

folded	after	oxygen	plasma	treatment	and	boned	with	Ecoflex	dielectric.	The	detailed	fabrication	

flow	is	shown	in	Figure	15.	
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Figure	15.	Fabrication	flow	of	the	LC-type	sensor.	(a)Assembly	of	different	layers.	(b)	Carving	foil	into	

desired	shapes.	(c)	The	planar	coil	after	carving.	(d)	Ecoflex	dielectric	layer	assembly	after	oxygen	plasma.	(e)	

Substrate	folding.	(f)	The	assembled	sensor.		

4.2.1:	Sensor	Selection	Process		

	 	Sensors	with	different	form	factors	were	made	according	to	the	fabrication	flow	explained	

in	Figure	15,	and	they	were	tested	to	determine	the	smallest	possible	sensor	that	can	communicate	

across	the	body	tissue.	Sensor	designs	with	different	turn	numbers	and	turn	widths	were	

fabricated,	and	the	same	readout	coil	was	used	to	interrogate	the	resonant	frequency	of	the	sensors.	

The	readout	coil	itself	had	self-resonance	peaks	that	were	visible	in	the	frequency	spectra.	These	

peaks	could	overlap	with	the	sensors’	resonant	frequency	peak,	making	shift	detection	more	

challenging[173–175].	Beyond	800	MHz,	the	readout	coil	had	obvious	background	peaks	(Figure	

16a).	The	sensor	should	have	a	resonant	frequency	less	than	800	MHz	so	that	it	would	not	overlap	

with	the	peaks	in	the	background.	In	addition,	sensors	with	high	MHz	resonant	frequencies	will	

have	shallow	tissue	penetration	depth	after	being	implanted	and	therefore,	will	have	suboptimal	
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coupling	with	the	readout	coil.	Hence,	only	sensors	with	resonant	frequencies	below	800	MHz	were	

taken	into	consideration[176]	(Figure	16b).		

	 The	rest	of	the	sensors	were	further	checked	to	see	if	they	could	communicate	with	readout	

coil	cross	pork	skins.	Resonant	frequency	peak	(S11)	heights	were	recorded	when	separated	by	

different	layers	of	pork	skin.	At	higher	separation	distances,	sensors	whose	coil	widths	were	0.5	

mm	could	not	have	detectable	peaks.		Their	narrow	coil	widths	led	to	high	coil	resistances,	causing	

high	energy	dissipation	and	low	energy	reflection	to	the	readout	coil.	When	the	separation	distance	

was	increased,	less	energy	was	delivered	to	the	readout	coil,	and	hence,	the	S11	peak	finally	

disappeared.	Amongst	all	the	remaining	sensors,	the	sensor	shown	in	Figure	16d	was	chosen	since	

it	had	the	smallest	form	factor	and	yet,	could	communicate	with	the	readout	coil	across	four	layers	

of	pork	skin	(12.7	mm	thick	in	total).	Edema	usually	appears	in	lower	limbs	first,	and	the	average	

subcutaneous	tissue	thickness	in	legs	is	10.79	mm	for	males	and	12.44	mm	for	females	[177].	As	

such,	the	experiment	demonstrated	that	the	sensor	could	communicate	with	an	external	coil	even	

after	implantation.		

	 The	sensor’s	durability	was	also	demonstrated	by	performing	a	fatigue	test.	The	connection	

that	joined	two	coils	was	cut	in	the	middle	so	that	each	coil	behaves	as	one	of	the	capacitor	plates.	

During	the	fatigue	test,	the	change	in	capacitance	could	be	monitored	using	an	LCR	meter.	The	

sensor	was	compressed	by	50	kPa	of	pressure	for	2500	cycles	(Figure	16e	and	f).	In	each	loading	

cycle,	the	change	in	slope	was	seen	since	the	dielectric	gradually	became	incompressible	when	

pressure	was	loaded.	In	each	unloading	cycle,	the	Ecoflex	layer	experienced	slow	relaxation	when	

the	pressure	was	unloaded.	No	obvious	amplitude	changes	or	baseline	wandering	was	seen,	

showing	the	sensor	could	endure	repeated	mechanical	distortion	and	still	offer	reliable	signals.	
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Figure	16.	LC-type	sensor	choosing	process,	detailed	design,	and	cyclic	test.	(a)	Readout	coil’s	spectra	

background	and	an	ideal	peak	location	example	that	is	below	800	MHz.	(b)	Different	designs’	resonant	

frequencies.	(c)	S11	peak	heights	at	various	separation	distances.	Error	bars	are	standard	errors.	(d)	The	final	

sensor	form	factor.	(e)	Sensor	capacitance	change	during	fatigue	test.	(f)	Fatigue	test	waveform.	

4.2.2:	Sensor	Characterization		

	 For	sensitivity	comparison,	three	dielectric	materials	were	chosen	and	tested	as	the	

dielectric	material.	They	were	Ecoflex,	PDMS,	and	sponge.		The	purpose	of	the	sponge	was	to	

provide	an	isolation	layer	that	prevented	the	coils	from	touching	each	other.	Normal	pressures	

were	applied	to	the	sensors,	and	corresponding	changes	in	resonant	frequency	were	recorded.	

When	Ecoflex	was	used	as	dielectric	material,	the	sensors	showed	an	average	sensitivity	of	-3.11	

MHz/mmHg	in	the	low-pressure	range.	The	sensitivity	was	decreased	to	-0.104	MHz/mmHg	in	the	

high-pressure	range	since	Ecoflex	was	harder	to	compress	(Figure	17a).	Compared	to	sensors	that	

used	the	other	two	dielectric	materials,	the	sensor	that	used	Ecoflex	had	higher	sensitivity	since	

Ecoflex	had	a	higher	dielectric	constant	than	sponge	and	softer	mechanical	properties	than	PDMS.	A	

representative	frequency	shift	under	different	pressures	is	shown	in	Figure	17b,	demonstrating	the	

sensor	had	high	sensitivity	in	the	low-pressure	range.	The	asymmetrical	coil	layout	contributed	to	
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the	high	sensitivity	since	pressure	compressed	the	two	copper	coils	and	brought	them	closer	to	

each	other,	increasing	the	capacitance	and	the	inductance	(due	to	mutual	coupling)	of	the	two	coils.	

Both	encouraged	a	more	significant	frequency	shift.	Other	works	used	similar	structures	and	

achieved	desired	results	as	well	[165–167].	

 
	

Figure	17.	LC-type	Sensor	sensitivity	in	a	normal	environment	and	sandwiched	between	pork	skins.	(a)	

Averaged	sensor	sensitivity	and	(b)	frequency	shift	at	low-pressure	range.	(c)	Averaged	sensor	sensitivity	

and	(d)	frequency	shift	at	low-pressure	range	when	inserted	between	pork	skins.	Error	bars	are	standard	

errors.		

4.2.3:	Sensor	Pseudo	In	Vivo	Testing			

	 To	verify	their	ability	to	capture	pressure	change	as	implants,	the	sensors	were	inserted	

between	pork	skins,	and	the	same	pressures	were	applied	again.	The	corresponding	frequency	shift	

was	captured	as	well.	The	presence	of	water	in	the	pork	skins	effectively	increased	the	dielectric	

constant	around	the	sensor	and	hence,	increased	its	capacitance	too.	As	a	result,	the	sensors’	
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average	sensitivity	increased	to	-8.03	MHz/mmHg	(Figure	17c).	The	corresponding	frequency	shift	

under	various	pressures	is	shown	in	Figure	17d.	Despite	the	peaks	becoming	shorter	and	more	

distorted,	shifts	were	still	seen.	The	sharpness	and	height	of	peaks	were	determined	by	the	Q-

factor,	and	it	is	defined	by	the	following	equation:	

𝑄 =
1
𝑅
6
𝐿
𝐶
	

where	𝑅	is	the	resistance,	𝐿	is	the	inductance,	and	𝐶	is	the	capacitance,	respectively.	The	presence	

of	water	increased	the	sensor’s	capacitance,	leading	to	lower	Q-factors	and	shorter	peaks	with	

slight	distortion.	Nevertheless,	our	sensor	still	had	better	sensitivity	compared	with	those	of	other	

sensors	published	in	other	works[154,158–167,178,179].			

4.2.4:	Sensor	Simulation				

	 To	verify	the	sensor	sensitivity,	simulations	were	performed.	The	field	distribution	around	

the	sensor	was	calculated	via	the	finite-difference	time-domain	(FDTD)	method	using	the	discrete	

port	excitation	method.	A	frequency	domain	solver	and	tetrahedral	mesh	were	utilized,	and	

boundary	conditions	in	all	directions	were	set	to	open.	In	this	simulation,	the	gradual	pressure	

increase	on	the	sensor	was	set	to	be	equivalent	to	the	small	stepwise	decrease	in	dielectric	layer	

thickness	due	to	the	model’s	complexity.	A	similar	approach	was	also	used	in	previous	publications	

[180].	The	decrease	in	dielectric	layer	thickness	incurred	an	increase	in	equivalent	inductance	and	

a	decrease	in	resonant	frequency.	According	to	the	simulation	results,	the	sensor	inserted	between	

pork	skins	had	higher	sensitivity	due	to	the	presence	of	water.	Indeed,	water’s	high	dielectric	

constant	led	to	high	capacitance	that	encouraged	the	sensor	to	have	enhanced	sensitivity	(Figure	

18a	and	b).	The	simulation	results	and	experimental	results	followed	the	same	trend.		
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Figure	18.	LC-type	sensor	simulation	results.	(a)	Sensor	in	a	regular	environment.	(b)	Sensor	inserted	

between	pork	skins.	

4.3:		Conclusion	and	Future	Prospects			

In	conclusion,	a	battery-free	and	wireless	pressure	sensor	is	presented	in	this	work.	The	

sensor	has	a	low	profile	and	can	operate	without	the	use	of	any	battery,	making	it	suitable	for	

implant	via	minimally	invasive	procedures.	The	sensor	demonstrated	high	sensitivity	and	could	

communicate	across	body	tissue.	Hence,	it	is	a	suitable	device	for	monitoring	changes	in	IFP	and	

predicting	the	onset	of	CHF	after	implantation.		

Despite	the	sensor’s	high	sensitivity	and	robust	design,	a	proper	encasement	should	be	

designed	for	it	(Figure	19).	The	encasement	will	have	a	hard	silica	case	so	that	other	mechanical	

forces	will	not	be	able	to	deform	the	sensor.	One	side	of	the	silica	membrane	will	have	pores	

defined	by	the	laser	cutter	so	that	interstitial	fluid	can	contact	the	sensor,	and	hence,	the	silica	

encasement	will	allow	selective	sensing	of	the	fluid	pressure.	To	minimize	the	stiffness	mismatch	

between	the	body	tissue	and	silica,	the	silica	encasement	will	also	be	coated	with	silicone.	These	

two	materials	were	used	for	encasing	the	CardioMEMS	too.	
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Figure	19.	The	final	sensor	design	with	proper	encasement.	
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CHAPTER	5:	Strongly	Coupled	Magnetic	Resonators	for	Joint	Angle	
Monitoring	

	
5.1:	Background	and	Motivation	

Tracking	human	movements	smoothly	and	continuously	is	important	for	many	fields,	

including	but	not	limited	to	rehabilitative	medicine,	sports	science,	ergonomic	study,	etc	[181–187].	

Stroke	is	a	type	of	cardiovascular	disease	that	can	lead	to	paralyzed	body	parts,	and	regaining	the	

ability	to	move	is	a	significant	part	of	rehabilitation	for	stroke	patients.	Their	joints’	ranges	of	

motion	are	good	metrics	for	their	rehabilitation.	Current	methods	for	joint	movement	monitoring	

have	their	respective	benefits	and	drawbacks.	Nonwearable	methods	like	those	that	utilize	optical	

cameras,	regardless	of	whether	retroreflective	markers	are	involved,	are	limited	to	environments	

with	clear	lines	of	sight[188–191].	Those	electromagnetic	methods	can	identify	physical	activity	

from	far	away,	but	they	are	best	used	indoors	and	most	capable	of	activity	classification,	not	

detailed	motion	analysis	(bending	or	rotating).		

	 Wearable	devices	offer	many	potential	monitoring	methods.	Time-of-flight	technologies	

that	use	ultrawideband	or	ultrasonic	signals	measure	signal	travel	time.	However,	they	are	limited	

by	their	bulky	sizes	and	are	prone	to	cause	injury[192].		Those	inertial	measurement	units	provide	

users	with	good	degrees	of	freedom	and	comfort,	but	those	devices	often	experience	sensor	drift	

and	consume	lots	of	power[193].	Some	sensors	are	placed	across	joints	to	detect	strain-induced	

resistance	change,	but	they	limit	user	movement	and	tend	to	have	short	operational	life	due	to	

repeated	wear[194,195].	Their	durability	and	device	flexibility	are	also	limited	due	to	the	use	of	

microelectronics	with	soldered	connections.		

	 Smart	textiles	offer	users	integrated	and	user-friendly	device	opportunities[196–199].	The	

most	promising	innovation	amongst	smart	textiles	is	the	use	of	strongly	coupled	magnetic	

resonance	between	wearable	inductors[200].	The	idea	of	this	type	of	application	stems	from	

serving	as	passive	sensor	nodes	that	enable	wireless	power	transmission[199,201–206].	One	of	the	
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approaches	for	joint	angle	monitoring	is	through	measuring	wireless	power	transfer	

efficiency[207,208].	In	this	approach,	loop	antennas	are	placed	longitudinally	along	the	joint,	

alleviating	the	problems	from	lateral	placement	across	the	joint.	In	this	chapter,	a	pair	of	strongly	

coupled	magnetic	resonators	is	proposed	for	joint	angle	monitoring.	In	this	approach,	the	coupling	

coefficient	and	reflection	are	related	at	the	reader	port,	reducing	the	number	of	ports	to	only	one.	

Its	operating	principle	is	based	on	Faraday’s	law	of	induction.	Two	strongly	coupled	resonators	

alter	their	respective	resonant	frequencies	due	to	mutual	energy	exchange,	causing	the	creation	of	

two	new	frequencies[209–211].	One	of	the	frequencies	is	higher,	and	the	other	one	is	lower	than	

the	original	one.	Both	of	them	can	be	captured	by	reader	port	in	return	loss.	These	coils	can	be	

mounted	onto	clothes	and	skin	and	operate	without	any	battery.	The	system	will	need	a	wearable	

mini	vector	network	analyzer,	replacing	the	need	for	bulky	equipment.	This	approach	uses	

adaptable	magneto-inductive	loops	that	are	positioned	on	two	sides	of	a	joint,	leaving	the	range	of	

motion	unrestricted	and	minimizing	mechanical	failure	due	to	repeated	flexing.	The	loops	used	in	

this	approach	are	made	to	be	flexible	and	planar,	keeping	stable	spectral	behavior	close	to	the	

human	body	with	an	integrated	lumped	capacitor	to	balance	the	skin’s	stray	capacitance.	Initial	

angle	calibration	was	performed	before	the	tests	on	the	human	body.	A	rule-based	method	based	

on	measured	angles	was	used	to	classify	various	movements.	

5.2:	Sensor	Overview	and	Fabrication	
	
5.2.1:	Overview	and	Principle		
	

Figure	20a	demonstrates	the	placement	of	two	strongly	coupled	resonators	and	reader	

antenna	across	a	joint	with	a	certain	separation	distance.	The	upper	arm	rotates	about	the	center	of	

the	joint	to	achieve	flexion.	When	fully	extended,	the	arms	are	straight,	and	the	flexion	angle	is	180	

degrees.	The	flexion	angle	decreases	as	the	forearm	flexes	about	the	joint.	The	forearm	can	also	

rotate	about	the	joint.	Under	both	scenarios,	the	two	loops	are	misaligned,	causing	changes	in	the	

coupling	coefficient.	The	changes	in	the	coupling	coefficient	can	be	used	to	calculate	the	changes	in	
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flexion	and	rotation	angles.	

 

Figure	20.	Sensor	demonstration,	simulation,	and	fabrication.	(a)	Sensing	mechanism.	(b)	Equivalent	circuit	

diagram	of	the	strongly	coupled	resonator	and	the	resulting	resonance	split.	(c)	Same	setup	for	other	joints.	

(d)	Sensor	fabrication	and	integration	on	cloth.		

Figure	20b	is	showing	the	layout	of	each	magnetically	strongly	coupled	resonators	that	

have	multiple	loops	that	have	a	self-inductance	of	𝐿,	an	effective	ohmic	resistance	R	containing	self-

resistance	and	fringing	currents	due	to	background	loss	media.	The	resonance	properties	of	the	

loop	are	determined	by	the	effective	capacitance,	consisting	of	structural	stray	and	discrete	tuning	

component	of	capacitance	𝐶.	A	lumped	surface	mount	capacitor	is	incorporated	to	minimize	the	

effect	of	stray	capacitance	and	achieve	resonant	responses	that	are	not	affected	by	skin	proximity.		
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The	resonance	characteristics	of	a	circuit	with	coupled	inductors	are	obtained	through	

Kirchhoff’s	voltage	law,	and	the	equation	is	differentiated	with	respect	to	time	to	remove	the	

integral	term.	Assuming	no	damping	and	only	care	for	the	resonant	frequencies.	For	each	loop,	its	

behavior	is	defined	by	the	following	equation:	

𝐿#
𝑑$𝐼
𝑑𝑡$

+
1
𝐶#
𝐼 + 𝑀##

𝑑$𝐼
𝑑𝑡$

= 0	

Assuming	the	current	I	in	resonators	has	sinusoidal	time	dependency	with	frequency	𝑤.	The	

solution	describing	the	current	will	be	𝐼 = 𝐴𝑒%&' .	The	determinant	of	the	coefficient	matrix	should	

be	zero	to	find	the	nontrivial	solution	of	A:	

−𝑤$𝐿# +
1
𝐶#
	 −𝑤$𝑀	

−𝑤$𝑀	 −𝑤$𝐿# +
1
𝐶#
	

Which	is	derived	to	be	the	following	equation:	

𝑤((𝐿#$ −𝑀##
$ ) − 𝑤$ 2𝐿#

𝐶#
+
1
𝐶#$

= 0	

Solving	this	equation	will	obtain	𝑤$,	the	squared	angular	frequencies	of	the	system.	The	frequency	

split	is	due	to	the	mutual	inductance	𝑀## .	Resistance	in	the	circuit	causes	energy	dissipation	that	

affects	the	amplitude	and	the	phase	of	the	oscillation,	including	the	resonant	frequencies,	to	some	

extent.	The	same	setup	can	also	be	used	on	knee	and	ankle	joints	(Figure	20c).	

5.2.2:	Sensor	Fabrication	

	 	The	loop	coil	is	carved	out	of	copper	using	a	craft	cutter	(Figure	20d).	After	being	tuned	by	

a	capacitor	and	soldered	flipped	the	copper	trace,	the	layers	are	first	stacked	from	the	top,	sprayed	

with	water	to	remove	the	bottom	holder	layer,	and	integrated	onto	clothes	via	heat	pressing.	The	

loop	size	is	31	mm	in	width	and	48.4	in	length.	Smaller	loops	will	have	weaker	coupling,	and	the	

resonators	will	fail	to	detect	large	angles.	Bigger	loops	will	be	impractical	to	fit	onto	clothing	and	

start	to	impede	motion.		
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5.2.3:	Sensor	Simulation	and	Calibration		

	 The	strongly	coupled	resonator’s	potential	as	a	joint	monitoring	device	is	validated	in	a	

benchtop	setting	using	the	setup	shown	in	Figure	21a.	The	resonator	on	the	right	is	kept	unbent,	

bent	horizontally,	or	bent	vertically	to	imitate	sensor	deformation	when	attached	to	actual	joints.	

Simulated	magnetic	fields	at	a	30-degree	flexion	angle	are	presented	in	Figure	21b.	As	the	two	coils	

are	brought	closer	to	each	other,	a	stronger	magnetic	field	is	noticed.	The	enhanced	field	causes	

stronger	mutual	coupling	and,	subsequently,	makes	the	resonant	frequencies	split	wider	(Figure	

21c).	For	instance,	when	the	top	resonator	is	vertically	bent,	the	frequency	split	is	larger	because	

the	middle	of	the	loop	is	closer	to	the	other	loop.		As	such,	the	initial	deformation	of	the	loop	might	

have	practical	implications	for	different	joints,	which	have	their	respective	curvature	that	modulate	

the	initial	deformation	of	the	resonators.	The	initial	curvature	will	modulate	how	this	inductor	

interacts	with	the	other	loop,	specifically	on	changing	how	resonant	frequency	split	and	how	much	

frequency	split	changes	when	the	joint	flexes.	Figure	21d	shows	the	simulated	results	and	

experimental	results	for	all	three	curvature	conditions.	A	protractor	is	used	to	modulate	the	angles	

between	the	coils	so	that	frequency	splits	can	be	obtained	at	different	angles.	When	the	loops	are	

brought	close	to	each	other,	there	are	higher	deviations	between	the	experiment	and	simulation,	

possibly	due	to	our	inability	to	obtain	the	same	angle	and	the	loop’s	high	sensitivity	at	low	angles.	
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Figure	21.	Sensor	performance	simulation	and	benchtop	test.	(a)	Sensor	at	different	initial	bending	states.	(b)	

Magnetic	fields	obtained	from	simulation	at	different	initial	bending	states.	(c)Simulated	spectra	at	different	

bending	angles	for	each	initial	bending	state.	(d)	Simulated	and	experimental	sensitivities	for	each	initial	

bending	state.	

5.3.1:	Sensor	Performance	on	the	Human	Body		

	 MediaPipe	is	an	open-source	framework	produced	by	Google	and	it	uses	machine	learning	

solution	to	process	video	data.	In	this	case,	MediaPipe	is	used	to	extract	joint	angles	and	associate	
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those	angles	to	their	corresponding	frequency	splits	so	that	calibration	curves	can	be	made.	Loop	

pairs	were	used	to	track	the	movement	of	the	elbow,	ankle,	and	knee	(Figure	22).	Figure	22a	and	b	

show	the	attachment	of	loops	on	the	forearm	and	upper	arm	to	measure	elbow	rotation	and	

bending.	S11	values	were	recorded	for	every	45-degree	increment	for	rotation	and	every	10-degree	

increment	for	bending.	Rotation	has	higher	sensitivity	since	it	generates	high	loop	distances	and	

therefore,	encourages	higher	frequency	split	changes.	Similarly,	the	same	setup	was	adopted	for	the	

ankle	and	knee	(Figure	22c	and	d).	Joints	were	held	at	different	bending	angles,	and	the	

corresponding	frequency	splits	were	recorded.	All	measurements	were	conducted	three	times	so	

that	means	and	standard	deviations	could	be	obtained.	
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Figure	22.	Sensor	performances	at	different	joints.	(a)	Sensor	performance	on	the	elbow	for	rotation	

measurement.	(b)	Sensor	performance	on	the	elbow	for	bending	measurement.	(c)	Sensor	performance	on	

the	ankle	for	bending	measurement.	(d)	Sensor	performance	on	the	knee	for	bending	measurement	

5.3.2:	Sensor	Fatigues	Test	

	 A	fatigue	test	was	performed	to	verify	the	stability	and	reliability	of	measurements.	One	of	

the	loops	was	fixed	on	a	test	stand	force	gauge,	and	the	other	loop	was	fixed	below.	The	force	gauge	

could	perform	vertical	and	periodical	movement	so	that	dynamic	variation	in	coupling	coefficient	

could	be	mimicked	during	joint	movements.	The	performances	were	measured	at	three	different	

movement	speeds,	and	1200	cycles	were	performed	at	each	speed.	Highly	repeatable	signal	
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changes	were	obtained	from	this	benchtop	setting	since	our	sensing	scheme	decouples	sensor	

output	from	sensor	strains	(different	from	strain-based	sensors).		

 

Figure	23.	Fatigue	test	and	body	joint	monitoring	networks.	(a)	Fatigues	test	of	the	loop	pairs	and	the	

dynamic	spectral	response	at	three	different	speeds.	(b)	Simultaneous	monitoring	of	knee	and	ankle	joints	

during	different	exercises.		
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5.3.3:	Network	Formation	for	Simultaneous	Knee	and	Ankle	Joint	Monitoring		

	 Different	physical	exercises	were	performed	while	the	subject	was	wearing	the	loop	pairs.	

The	subject	put	on	the	socks	and	knee	braces	with	integrated	loop	pairs,	realizing	a	joint	

monitoring	network	along	the	leg.	The	subjects	were	asked	to	perform	a	set	of	exercises,	including	

high	knees,	push-ups,	squats,	and	lunges.	The	initial	and	final	positions	for	each	exercise	and	their	

respective	signal	changes	are	shown	in	Figure	23b.	A	miniVNA	and	a	readout	coil	were	used	as	the	

detection	unit,	and	the	coil	was	fixed	to	the	body	inductor	coils.	Obviously,	high	knee	and	squat	

require	big	movement	in	both	the	knee	and	ankle,	and	therefore,	significant	frequency	splits	were	

observed	for	both	coil	pairs.	For	push-ups	and	lunges,	the	knee	joints	were	not	significantly	

bending,	and	the	ankle	joint	only	experienced	slight	bending.	As	such,	negligible	frequency	splits	

were	seen	on	the	knee	joint,	and	only	slight	frequency	splits	were	observed	on	the	ankle	joint.		

	 Given	the	different	types	of	frequency	split	seen	on	each	loop	pair	during	different	

exercises,	this	joint	monitoring	scheme	can	be	used	to	recognize	different	types	of	activities.	

Admittedly,	variabilities	in	frequency	splits	are	seen	in	each	type	of	exercise	due	to	the	imperfection	

in	natural	motions.	The	interquartile	range	was	used	to	exclude	the	abnormal	data	and	determine	

the	boundary	range.	The	centroid	values	of	frequency	splits	were	calculated	for	each	exercise	and	

used	for	specific	angle	calculation	via	a	rule-based	method.	Using	this	strategy,	frequency	splits	

were	associated	with	their	corresponding	angles	(Figure	23b).		

5.4:	Conclusion	and	Future	Prospects			

	 In	this	chapter,	a	universal	approach	for	joint	angle	monitoring	is	proposed.	This	approach	

uses	strongly	coupled	resonators	integrated	with	textiles	and	can	capture	a	wide	range	of	

movements	with	high	accuracy.	Limitations	in	conventional	joint	monitoring	methods,	such	as	the	

need	for	clear	line-of-sight,	complication	setup,	and	restriction	on	natural	movement,	are	avoided	in	

this	sensing	scheme.	The	robustness	of	our	sensor	and	its	capability	to	offer	real-time	joint	angles	

may	benefit	fields	such	as	rehabilitative	medicine,	sports	science,	etc.	This	sensor	is	especially	
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important	for	post-stroke	patients	since	they	can	continuously	monitor	joint	angle,	an	important	

metric	to	gauge	their	extent	of	rehabilitation.		

	 Despite	these	many	innovations,	this	sensor	design	still	has	room	for	further	optimization.	

Despite	the	many	advantages	of	those	LC	sensors,	a	bulky	and	ridge	VNA	device	is	still	needed.	The	

existing	VNA	is	neither	wearable	nor	easy	to	carry	around	(Figure	24a).	When	multiple	LC	pairs	

were	used	to	form	a	body	network,	multiple	VNAs	were	also	needed,	adding	further	inconvenience.	

Ideally,	the	VNA	device	should	also	be	wearable	and	small	in	size.	In	addition,	one	VNA	should	be	

able	to	monitor	different	LC	pairs	on	the	body	using	different	parts	of	frequency	spectra.	Different	

parts	of	the	frequency	spectra	can	be	utilized	by	tuning	the	inductance	and	capacitance	of	the	LC	

pairs.		

	
Figure	24.	The	existing	devices	used	for	each	LC	pair.	(a)	The	bulky	VNA.	(b)	The	LC	sensor	picture.	
	
	 The	existing	LC	sensor	does	not	have	the	most	optimal	wearability	due	to	the	choice	of	

materials.	The	copper	foil	has	stiffness	mismatch	with	the	vinyl	substrate	and	can	buckle	up	from	

the	substrate	(Figure	24b).	The	copper	foil	has	a	certain	flexibility,	but	its	flexibility	and	

stretchability	are	limited,	meaning	the	wearable	comfort	of	the	sensor	is	not	optimal.	Perhaps	the	

coils	can	be	made	with	conductive	polymers	or	other	conductive	materials	that	not	only	attach	to	

polymer	substrate	well	but	also	are	soft	enough	to	promote	wear	comfort.		
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CHAPTER	6:	Limitations	of	Current	Studies	and	Future	Directions	
	
6.1:	Challenges	Encountered	and	Limitations	of	Current	Studies	

Despite	the	progress	made,	many	of	the	problems	and	limitations	remained	unresolved	in	

the	technologies	explained	in	the	above	chapters.	In	addition,	many	of	the	designs	require	further	

verification	on	many	aspects.		

6.1.1:	Challenges	and	Limitations	for	Blood	Pressure	Sensors	

	 In	Chapter	3,	an	ultra-sensitive	capacitive	pressure	sensor	was	realized	with	the	help	of	

iontronic	dielectric	material.	The	sensor	was	robust,	sensitive,	and	capable	of	tracking	continuous	

blood	pressure.	Despite	its	many	innovations,	the	sensor	and	the	study	both	had	their	limitations.	

Only	a	few	subjects	participated	in	the	experiment,	and	they	were	known	to	be	healthy.	All	the	

measurements	were	performed	under	stationary	conditions	since	the	Caretaker	is	not	capable	of	

tolerating	movement	and	needs	to	be	recalibrated	when	big	changes	in	HR	are	observed	[212].	Due	

to	its	soft	substrate	and	ultra-sensitivity,	the	sensor	can	pick	up	many	unwanted	signals	due	to	

body	motion	and	surrounding	vibration,	imposing	difficulties	in	the	processing	of	the	data.	Subjects	

were	also	told	to	stay	still	during	data	recording	since	the	bandpass	filter	was	only	able	to	process	

stable	data	into	meaningful	blood	pressure.	Better	algorithm	designs	are	needed	to	make	sure	the	

sensor	can	continuously	track	blood	pressure	at	any	time.	Many	more	clinical	trials	might	be	

needed	to	verify	that	the	sensor	can	be	used	to	identify	various	conditions.	Perhaps	machine	

learning	algorithms	can	be	developed	using	all	the	subjects’	data	so	that	unwanted	motion	artifacts	

can	be	removed,	and	certain	medical	conditions	can	also	be	detected	using	the	verified	model.	

Finally,	the	arterial	line	should	ideally	be	used	as	the	ground	truth,	and	hence,	further	clinical	

studies	should	be	pursued	for	further	verification.	
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6.1.2:	Challenges	and	Limitations	for	LC-Type	Interstitial	Fluid	Pressure	Sensor		

In	Chapter	4,	an	LC-type	sensor	was	made	to	monitor	interstitial	fluid	pressure.	Despite	the	

promising	experimental	results,	the	sensor	has	not	yet	been	used	on	any	in	vivo	model,	and	

therefore,	many	of	the	limitations	have	not	been	exposed	yet.	The	sensor	was	made	with	an	easily	

accessible	tool,	but	this	also	limited	the	minimal	feature	size	achievable.	Hence,	the	sensor	can	be	

further	miniaturized	to	become	more	suitable	for	implantation	using	a	minimal	invasion	procedure.	

Later	on,	a	proper	encasement	will	be	designed	for	the	sensor	using	silica	for	a	hardcover,	and	

silicone	will	be	coated	on	the	silica	to	minimize	stiffness	mismatch.	The	sensor	will	have	pores	on	

one	side	of	the	silica	case	to	ensure	its	direct	contact	with	interstitial	fluid.	

6.1.3:	Challenges	and	Limitations	for	Resonator-Based	Joint	Angle	Monitoring	Device	

In	Chapter	5,	strongly	coupled	magnetic	resonators	for	joint	angle	monitoring	were	made.	

Despite	its	many	advantages,	the	coils	still	impart	their	stiffness	on	the	substrate.	Therefore,	clothes	

with	those	coils	might	not	be	the	most	comfortable	and	natural	ones	to	wear.	Perhaps	alternative	

materials	can	be	used	to	make	the	coils	so	that	their	stiffness	can	be	minimized.	The	readout	system	

was	not	optimized	either	since	its	size	was	big,	and	each	sensor	pair	required	one	readout	coil	to	

operate.	

6.2:	Future	Improvements	and	Directions	

	 If	all	the	shortcomings	of	the	devices	mentioned	above	are	addressed	in	the	future,	we	will	

have	an	ecosystem	of	wearable	sensors	that	focuses	on	monitoring	the	entire	cardiovascular	

system.	Currently,	the	entire	global	population	is	affected	by	cardiovascular	diseases,	and	they	are	

already	contributing	to	1/3	of	the	global	death.	The	ecosystem	for	cardiovascular	disease	

monitoring	is	significant	since	it	has	the	potential	to	save	those	people	by	providing	on-time	alerts	

and	treatment.		

	

	



 

58 
 

6.2.1:	Future	Directions	for	Blood	Pressure	Sensors	

Our	blood	pressure	sensor	can	offer	continuous	monitoring	of	blood	pressure,	which	

indicates	the	overall	vascular	system’s	health	and	sudden	onset	of	certain	detrimental	conditions.	

The	band-aid	type	sensor	can	capture	pulsatile	blood	pressure	waveforms	from	any	pulse	points	

and	convert	them	to	beat-to-beat	blood	pressure.	It	is	not	invasive	like	A-line	and	avoids	the	

shortcomings	of	other	commercialized	devices.	A	machine	learning	model	can	detect	conditions	

based	on	the	features	of	the	waveforms.	In	fact,	an	intra-beat	biomarker-based	algorithm	was	

developed	later	and	used	in	many	of	the	subsequent	clinical	studies[213].		The	algorithm	utilized	a	

wave	feature	named	diastolic	transit	time	to	calibrate	the	blood	pressure	waveforms	to	beat-to-

beat	blood	pressure	values	and	the	results	were	better	than	those	obtained	from	the	bandpass	filter	

method	used	in	my	publication.	Perhaps	both	diastolic	transit	time	and	other	wave	features	could	

be	extracted	from	waveforms	and	a	neural	network-based	deep	learning	algorithm	can	performed	

on	those	features.	The	algorithm	should	be	able	to	determine	which	wave	feature	have	most	

influence	on	the	blood	pressure	values	and	hence,	offer	better	and	more	accurate	prediction.		

In	addition	to	those	intra-beat	biomarkers,	the	waveforms’	temporal	dimensions	can	also	

provide	useful	features	for	blood	pressure	value	calibrations.	Two	of	the	most	widely	accepted	

continuous	blood	pressure	calibration	method	are	pulse	transit	time	(PTT)	and	pulse	arrival	time	

(PAT).	Both	methods	can	be	used	to	calibrate	blood	pressure	since	the	travel	speeds	of	pulses	are	

proportional	to	the	blood	pressure	values.	PTT	utilizes	two	sensors	placed	at	two	peripheral	artery	

sites[106].	PAT	utilizes	one	ECG	device,	and	one	sensor	placed	at	a	peripheral	artery	site[214].	Both	

methods	can	obtain	the	pulse	travel	speed	after	the	synchronization	of	the	two	devices.	Although	

our	setup	utilized	only	one	sensor	and	a	simple	bandpass	filter	calibration	method,	the	resulting	

blood	pressure	values	are	as	accurate	as	those	that	used	PAT	and	PTT	methods.	Nevertheless,	the	

incorporation	of	these	temporal	dimensions	into	relevant	machine	learning	algorithms	might	

provide	extra	insights	in	the	prediction	of	blood	pressure	values.	The	combination	of	temporal	
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dimension	and	intra-beat	biomarker	might	be	an	even	better	solution	than	those	methods	that	just	

rely	on	one	of	them[106].	

More	importantly,	more	subject	with	certain	known	clinical	conditions	show	be	recruited	

for	algorithm	training	and	validation	purposes.	More	subjects	can	provide	more	waveforms	that	are	

useful	for	the	training	of	the	proposed	machine	learning	model.	In	addition,	the	recruitment	of	

more	subjects	might	be	able	to	provide	more	generalizability	for	the	entire	population.	Those	

disease-relevant	waveform	features	can	also	be	analyzed	so	that	the	model	can	learn	and	recognize	

those	features.	It	will	be	useful	for	predicting	the	onset	of	those	diseases	and	timely	medical	

treatment	can	be	performed.	Some	of	the	clinical	studies	were	already	performed.	In	fact,	some	

wearable	blood	pressure	sensors	and	algorithms	have	already	been	used	on	post-stroke	patients	

and	demonstrate	the	presence	of	their	unique	blood	pressure	variability[215].	Our	sensor	design	

was	also	approved	in	neural	ICU,	and	it	will	be	used	to	capture	blood	pressure	waveform	from	the	

carotid	artery.	The	waveforms	can	be	converted	to	beat-to-beat	blood	pressure	values	and	they	are	

indicative	of	intracranial	blood	pressure	because	they	are	obtained	from	site	that	is	close	to	the	

brain.	Our	sensor	design	has	high	sensitivity,	meaning	it	will	cause	less	vasoconstriction	since	only	

low	applanation	pressure	is	needed.	Ultimately,	our	sensor	can	replace	the	invasive	method	that	

involves	the	insertion	of	a	probe	into	the	skull	for	direct	pressure	sensing.	More	similar	research	

should	be	performed	for	more	clinical	efficacy	validation.		

Aside	from	the	sensors	and	algorithms,	the	circuit	board	system	also	deserves	certain	

improvement	since	the	current	circuit	board	is	rigid	and	not	wearable.	Yet,	we	still	rely	on	rigid	

circuit	boards	to	process	the	raw	signal	and	transmit	the	processed	signal.	These	complex	functions	

can	only	be	achieved	using	electronic	devices	made	from	conventional	microfabrication	techniques	

that	are	mature	and	capable	of	achieving	small	feature	sizes.	Eventually,	the	entire	circuit	should	

also	be	wearable	for	the	best	user	experience	and	wear	comfort.	However,	there	is	still	a	long	way	

to	go	if	we	want	to	develop	a	fabrication	line	for	wearable	circuit	boards	since	different	substrates	
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and	unconventional	materials	are	used	for	wearable	circuits.	Despite	the	progress	in	the	recent	

year,	microfabrication	on	wearable	substrate	is	still	lacking	practicality.	In	one	of	the	most	

innovative	publications,	Zheng	et	al.	presented	a	method	of	performing	monolithic	optical	

lithography	on	wearable	substrate	and	stretchable	transistor	array	was	produced[216].	However,	

those	transistors	were	large	and	approximately	2380	um2	each.	If	the	same	technique	is	used	to	

reproduce	a	S9	chip	(about	5.6	billion	transistors)	in	apple	watch,	the	chip	will	be	as	large	as	13	m2.	

As	such,	the	current	technique	is	still	highly	immature	and	impractical.	More	innovative	methods	

must	be	developed	to	further	minimize	the	feature	sizes.	

6.2.2:	Future	Directions	for	LC-Type	Interstitial	Fluid	Pressure	Sensor	

Although	weaker	blood	pressure	is	associated	with	potential	heart	failure,	it	cannot	be	an	

absolute	indicator	of	heart	failure.	Many	confounding	factors	can	lead	to	weak	blood	pressure,	such	

as	anemia,	endocrine	disorder,	and	dehydration.	As	such,	blood	pressure	cannot	be	a	vital	sign	for	a	

definitive	diagnosis	of	heart	failure,	and	hence,	a	different	biomarker	needs	to	be	added	to	the	

ecosystem	of	cardiovascular	disease	monitoring.	It	has	already	been	proven	that	interstitial	fluid	

pressure	can	serve	as	an	ancillary	biomarker,	and	a	practical	sensor	design	was	already	proposed	in	

this	dissertation.	When	abnormalities	in	both	blood	pressure	and	interstitial	fluid	pressure	are	

detected,	a	more	definitive	diagnosis	of	heart	failure	can	be	decided.		

The	sensor’s	promising	result	so	far	does	not	mean	it	will	perform	will	in	actual	human	

body	and	many	additional	works	need	to	be	performed	on	the	sensor	to	ensure	it	will	functional	

well	in	its	intended	place.	Proper	encasement	should	be	implemented	on	the	sensor	since	the	

sensor	should	only	sense	interstitial	fluid	pressure.	Minimally,	a	built-in	Guyton	chamber	should	be	

included	as	part	of	the	proper	encasement	so	that	the	sensor	can	selectively	sense	the	fluid	

pressure,	not	confounded	by	other	mechanical	pressures.	In	those	previous	publications,	sensors	

with	Guyton	built-in	chamber	were	developed	to	sense	the	fluid	pressure	inside	of	tumors	and	their	

encasements	were	made	of	relatively	soft	materials.	Although	the	soft	materials	have	many	merits	
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and	are	frequently	used	in	many	wearable	electronic,	they	might	not	be	suitable	in	this	situation	

since	the	other	mechanical	force	can	also	invoke	sensor’s	signal	change	and	confound	with	the	

pressure	we	are	interested	in.	The	proposed	encasement	is	demonstrated	in	Figure	19.	The	sensor	

will	be	encased	with	silica	and	pores	will	be	defined	on	one	of	the	membranes	so	that	a	built-in	

Guyton	chamber	can	form.	The	Guyton	chamber	will	allow	the	interstitial	fluid	to	leak	in	so	that	the	

change	in	fluid	pressure	can	be	sensed.	The	hard	silica	encasement	will	prevent	the	sensor	from	

deforming	due	to	other	mechanical	pressures.	Finally,	the	encasement	will	be	coated	with	silicone	

to	minimize	the	potential	stiffness	mismatch	with	surrounding	body	tissue.	Both	silica	and	silicone	

are	already	widely	used	in	other	implantable	sensors	such	as	CardioMEMS.	

Like	the	wearable	blood	pressure	sensor,	the	interstitial	fluid	pressure	sensor	also	requires	

a	wearable	readout	system.	Currently,	a	standard	VNA	was	used	to	characterize	the	sensor,	and	

VNA	was	bulky	and	not	portable.	The	miniVNA	used	in	the	joint	angle	monitoring	sensor	was	more	

ideal,	and	perhaps	multiple	readout	coils	can	be	installed	to	the	miniVNA	so	that	not	only	joint	

angles	but	also	the	interstitial	fluid	pressure	can	be	measured	using	the	same	miniVNA	system.		

6.2.3:	Future	Directions	for	Resonator-Based	Joint	Angle	Monitoring	Device	

The	joint	angle	monitoring	devices	are	important	for	the	rehabilitation	of	post-stroke	

patients	since	they	can	gauge	their	bodies’	range	of	motion.	This	is	an	important	part	of	the	

cardiovascular	ecosystem,	and	its	importance	in	the	ecosystem	can	be	further	improved	by	having	a	

miniVNA	that	has	a	high	sampling	frequency.	Higher	sampling	frequency	encourages	more	detailed	

motion	capture	and	can	determine	if	a	subject	is	doing	certain	physical	activity,	a	major	

confounding	factor	for	continuous	blood	pressure	monitoring.		

Furthermore,	the	same	magnetic	resonator	method	used	in	this	application	might	be	able	to	

replace	the	capacitive	blood	pressure	sensor	mentioned	above.	Two	LC	sensors	can	be	positioned	

above	a	pulse	point,	and	frequency	splits	are	used	to	map	out	the	continuous	blood	pressure	

waveform.	Perhaps,	this	sensing	modality	can	be	used	for	capturing	blood	pressure,	interstitial	fluid	
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pressure,	and	motion,	and	only	one	miniVNA	will	be	used.	Multiple	joints	can	also	be	detected	using	

only	one	miniVNA	and	their	corresponding	frequency	splits	can	be	used	for	motion	

characterization.	Sensing	multiple	parameters	requires	the	installment	of	multiple	LC	pairs	and	

each	pair	can	have	different	resonant	frequency	so	that	each	occupies	a	different	part	of	the	entire	

frequency	window.	Different	resonant	frequencies	can	be	achieved	via	soldering	different	

capacitors	or	changing	number	of	inductor	loop.	When	their	resonant	frequencies	don’t	overlap,	

multiple	parameters	can	be	sensed	at	the	same	time.	

From	the	materials	selection	perspective,	the	LC	sensors	are	not	made	of	the	most	optimal	

material.	Thin	copper	coils	are	flexible,	but	they	are	not	stretchable.	To	achieve	optimal	wear	

comfort,	the	sensor	should	possess	certain	level	of	stretchability.	One	of	the	possible	ways	to	

improve	the	sensing	coil’s	stretchability	is	to	use	polymer	as	a	matrix	material	and	fill	the	matrix	

with	certain	conductive	materials.	The	polymer	possesses	the	stretchability,	and	the	conductive	

material	ensures	the	device’s	high	conductivity	despite	the	presence	of	certain	amount	of	strain.		

In	summary,	these	devices	have	many	aspects	that	are	worth	improving	in	the	future.	
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