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ABSTRACT	OF	THE	DISSERTATION	

	
Design	and	Fabrication	of	Novel	Charge	Biosensors	Based	on	Electron	Tunneling	

	
By	
	

Zahra	Mardy	Mamaghani	
	

Doctor	of	Philosophy	in	Electrical	Engineering	
	

University	of	California,	Irvine,	2019	
	

Professor	Kumar	Wickramasinghe,	Chair	
	
	

	
					Point	of	care	diagnostics	(POC)	is	one	of	the	modern	attempts	to	develop	low-cost,	fast,	

and	 user-friendly	 devices	 for	 future	 disease	 detection	 and	 early	medical	 diagnostics.	 By	

providing	quick	disease	diagnostics,	specifically	for	infectious	diseases,	POC	methods	allow	

care	givers	to	start	early	treatment	leading	to	improved	health	outcomes.	In	this	dissertation,	

a	novel	POC	technology	capable	of	detecting	nucleic	acid	sequences	using	a	very	thin	layer	

of	oxide	in	a	Metal-Insulator-Electrolyte	junction	is	introduced.	Micro	and	nanometer	size	

devices	 were	 fabricated	 and	 tested,	 and	 high	 sensitivity	 to	 variations	 in	 the	 charge	

distribution	at	the	insulator-electrolyte	interface	was	observed.	The	charge	variation	occurs	

when	 complimentary	 DNA	 sequences	 in	 the	 sample	 solution	 hybridize	 with	 the	 single	

stranded	DNA	primers	immobilized	on	the	insulator	surface.	Finally,	this	work	was	coupled	

with	voltage	cycling-Polymerase	Chain	Reaction	(vc-PCR)	method.	This	technology	allows	a	

rapid,	 direct,	 and	 label-free	detection	of	 as	 little	 as	 a	 few	 tens	of	DNA	molecular	binding	

events	without	any	need	for	optical	measuring	instruments.	This	work	shows	almost	100%	

change	in	the	tunneling	current	when	the	complimentary	target	molecules	hybridize	to	the	
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immobilized	primers	on	the	surface.	This	technology	can	enable	the	creation	of	devices	for	

cost-effective,	portable	and	scalable	real-time	disease	detection.		
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Chapter	1:	Introduction	

1.1 Point	of	Care	diagnostics	

				Point	 of	 care	 (POC)	 enables	 rapid	 test	 results	 near	 to	 the	 site	 of	 patient	with	minimal	

manual	 interference.	 By	 providing	 quick	 disease	 diagnostics,	 and	 subsequently	 enabling	

rapid	clinical	decisions	by	physicians,	POC	methods	allow	care	givers	to	start	early	treatment	

of	 diverse	 types	 of	 diseases,	 leading	 to	 improved	 health	 outcomes	 in	 the	 population	 [1].	

Moreover,	 POC	 testing	 also	 can	 decrease	 the	 costs;	 first,	 by	 eliminating	 long	 lab	 test	

procedures;	second,	by	starting	the	treatment	before	the	disease	gets	more	aggressive.	Early	

diagnosis	or	detection	largely	helps	to	eliminate	the	need	for	multiple	treatment	procedures.		

					In	the	last	decade,	multiple	POC	testing	methods	and	technologies	such	as	POC	analyzers,	

biosensor	devices,	 lab-on-chips	 (LOC),	 test	 strips,	 and	 lateral	 flow	assay	 (LFA)	 cartridges	

have	emerged	[1].	Figure	1.1	shows	the	Point	of	Care	diagnostics	market	by	product	from	

2015	and	the	prediction	till	2022	only	in	the	US	[2].		
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Figure	1.1-	U.S.	Point	of	Care	Diagnostics	Market	by	product,	2015-2022	(USD	Billion)	[2]	

	

					An	estimate	for	POC	diagnostics	market	was	11	billion	dollars	 in	2011	and	the	current	

forecast	for	the	market	goes	beyond	30	billion	dollars	by	2024	[1,3].	Figure	1.2	shows	global	

point	of	 care	diagnostics	market	 in	 recent	years	and	 the	 forecast	 till	2022	based	on	Zion	

Market	Research.							
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Figure	1.2-	Global	Point	of	Care	Diagnostics	Market,	2015-2022	(USD	Billion)	[2,4]	

	

					Main	 companies	 in	 the	point	 of	 care	diagnostics	market	 are	Abbott	 Laboratories	 (US),	

Roche	Diagnostics	 (Switzerland),	 Siemens	 (Germany),	Danaher	Corporation	 (US),	Becton,	

Dickinson,	and	Company	(US),	 Johnson	&	Johnson	(US),	 Instrumentation	Laboratory	(US),	

PTS	Diagnostics	(US),	Quidel	(US),	Chembio	(US),	Sekisui	Diagnostics	(US),	Nova	(US),	EKF	

Diagnostics	(UK),	AccuBioTech	(China),	and	Trinity	Biotech	(US).[4,	5].		
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1.2	Motivation	and	goals	

					Based	 on	 the	 trends	 and	 predictions	 [1-6],	 next	 decade	will	 be	 revolutionary	 and	will	

witness	a	drastic	decrease	in	costs	and	improvement	in	methods,	analysis,	performance	and	

precision	in	POC	diagnostics.		

					As	 shown	 in	 figure	 1,	 glucose	 monitoring	 testing	 has	 the	 majority	 of	 current	 POC	

diagnostics	market.	Also,	there	is	a	large	gap	between	glucose	monitoring	testing	and	POC	

testing	 for	 molecular	 diagnostics	 and	 infectious	 diseases.	 Early	 detection	 is	 very	 crucial	

especially	 for	 infectious	 diseases	 to	 prevent	 the	 spread	 throughout	 organs	 of	 body	 and	

extended	health	damages.	For	example,	“Influenza	causes	12,000-	50,000	deaths	annually	in	

the	U.S.	Rapid	 testing	 for	 influenza	A	 and	B	 allows	 for	 accurate	 and	 timely	 treatment,	 as	

patients	only	have	a	48-hour	window	to	receive	critical	antiviral	therapy.”	[7].	Thus,	in	the	

upcoming	years,	there	will	be	a	growing	demand	for	POC	diagnostics	of	molecular	detection	

and	 infectious	 diseases,	 as	 predicted	 by	multiple	 studies.	 Figure	 1	 shows	 the	 data	 from	

Credence	research.	

					The	ultimate	goal	of	POC	diagnostics	can	be	reassurance	of	accuracy	of	the	POC	testings’	

results	and	independency	of	lab	tests.	

					This	research	introduces	a	novel	POC	technology	capable	of	detecting	as	little	as	tens	of	

DNA	molecules	which	can	lead	to	a	precise	POC	diagnostic	kit	available	for	Cell-Phone	based	

devices	 in	 near	 future.	 This	 technology	 works	 based	 on	 the	 concept	 of	 Voltage	 Cycling	

Polymerase	 Chain	 Reaction	 (vcPCR).	 Thermal	 PCR	 is	 a	 widely	 used	 DNA	 amplification	

method	that	will	be	introduced	briefly	in	the	following	part.	The	most	important	advantage	

of	vcPCR	is	drastic	reduction	in	detection	time.		
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1.3	Introduction	to	Polymerase	Chain	Reaction	(PCR)	

				Polymerase	Chain	Reaction	(PCR)	is	a	sensitive	method	in	molecular	biology	that	amplifies	

segments	of	DNA.	It	drastically	transformed	biological	sciences	when	it	was	discovered.	PCR	

was	developed	in	1983	by	Kary	Mullis	who	won	the	Nobel	prize	in	Chemistry	a	few	years	

later	 for	 his	work	 on	 PCR.	Mullis	wrote	 in	 Scientific	 American:	 "Beginning	with	 a	 single	

molecule	of	the	genetic	material	DNA,	the	PCR	can	generate	100	billion	similar	molecules	in	

an	afternoon.	The	reaction	 is	easy	 to	execute.	 It	 requires	no	more	 than	a	 test	 tube,	a	 few	

simple	 reagents,	 and	 a	 source	 of	 heat."	 The	 technique	 is	 broadly	 used	 by	 scientists	 and	

clinicians	for	various	purposes	such	as	disease	detection,	gene	sequencing	and	performing	

quantitative	and	genomic	studies	in	a	fast	and	accurate	manner.	Moreover,	PCR	assay	is	used	

in	many	fields	such	as	medicine,	evolutionary	biology,	the	law,	zoology,	botany,	ecology,	and	

archaeology	 to	 detect	 infectious	 organisms,	 discover	 variations	 and	 mutations	 in	 genes,	

identify	criminals,	genetic	fingerprinting,	ancient	DNA,	research	on	animal	behavior	etc.	[8-

11]	

					Diverse	 PCR	 techniques	 have	 been	 broadly	 developed	 over	 the	 years	 and	majority	 of	

current	techniques	still	rely	on	thermal	cycling.	Thermal	cycling	exposes	components	of	the	

PCR	reaction	 to	periodic	 cycles	of	heating	and	cooling	at	 certain	 temperatures.	The	main	

reactants	of	PCR	assay	include	the	DNA	polymerase,	set	of	forward	and	reverse	primers,	DNA	

template	and	nucleotides.	The	DNA	polymerase	is	the	key	enzyme	that	connects	individual	

nucleotides	to	produce	the	PCR	products.	The	primers	determine	the	exact	part	of	the	target	

to	 be	 amplified.	 Forward	 and	 reverse	 primers	 are	 short	 segments	 of	 the	 target	 DNA	 or	

complementary	 of	 the	 target	 DNA	 which	 is	 going	 to	 be	 amplified	 and	 detected.	 The	
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nucleotides	include	the	main	building	blocks	of	DNA	molecule;	adenine,	thymine,	cytosine,	

and	guanine	(A,	T,	C,	G)	[12].		

	

1.3.1	The	PCR	Process	

					The	 PCR	 process	 consists	 of	 three	 steps;	 denaturation,	 annealing	 and	 elongation.	

However,	an	initialization	step	is	needed	to	be	performed	once	to	activate	DNA	polymerase	

before	 starting	 the	process.	 This	 step	 is	 to	 heat	 up	 the	 chamber	 to	95-degree	C	 for	 1-10	

minutes.	After	 the	 enzymes	 are	 ready,	 the	process	 begins.	 In	 thermal	PCR,	 the	 first	 step,	

denaturation,	is	to	heat	up	the	reaction	chamber	to	95-degree	C	for	20-30	seconds	to	unzip	

DNA	stands.	The	temperature	will	break	the	hydrogen	bonds	between	double	stranded	DNA	

(dsDNA)	molecules	in	the	reaction	chamber	producing	single	stranded	molecules.	Then,	the	

next	 step	 is	annealing.	 In	 this	 step	 the	 temperature	 is	 lowered	down	 to	allow	primers	 to	

anneal	to	the	DNA	template	molecule(s)	or	its	complementary	strands	generated	in	previous	

cycles.	The	temperature	at	this	stage	depends	on	the	melting	temperature	of	the	primers.	It	

is	usually	3-5	degree	C	bellow	the	melting	temperature	which	is	in	the	range	of	45-60	degree	

C.	Forward	and	reverse	primers	consist	of	approximately	20-30	DNA	bases	and	are	much	

shorter	than	the	template.	They	attach	to	the	3’	end	of	the	template	or	its	complementary.	

The	temperature	at	this	stage	is	very	critical	to	the	efficiency	of	the	PCR	process.	If	it	is	too	

low,	 the	 annealing	 and	binding	will	 be	 imperfect.	 Stable	binding	of	hydrogen	bonds	only	

happens	 when	 the	 primers	 and	 the	 templates	 are	 very	 closely	 matched.	 And,	 if	 the	

temperature	 is	 too	 high,	 the	 binding	 might	 not	 happen	 at	 all.	 The	 third	 stage	 is	 called	

extension.	 The	 temperature	 at	 this	 stage	 directly	 depends	 on	 the	 enzyme	 used.	 Typical	

temperature	 used	 for	 Taq	 polymerease	 is	 72	 degree	 C.	 In	 this	 step,	 DNA	 polymerase	
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synthesizes	a	new	DNA	strand	complementary	to	the	DNA	template	or	its	complementary	

produced	in	previous	cycles.	It	starts	from	the	annealed	primer	and	elongates	along	the	DNA	

strand	from	5’	to	3’	direction	[9,13].	Figure	1.3	shows	the	process	in	two	cycles.			

	

Figure	1.3-	three	PCR	stages	[14]	

	

					Elongation	time	depends	on	the	DNA	polymerase	type	and	the	length	of	the	template.	A	

widely	used	approximation	with	Taq	polymerase	is	a	thousand	of	bases	per	minute	under	

optimal	 condition	 and	 temperature.	 These	 three	 steps;	 denaturation,	 annealing	 and	

elongation	are	the	main	PCR	stages.	However,	there	is	an	optional	step	which	is	performed	

at	the	optimum	temperature	of	the	DNA	polymerase	for	5-15	minutes	after	the	last	cycle	to	

guarantee	all	the	DNA	strands	are	elongated	[15].	
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1.3.2	Solid	and	liquid	phase	PCR	

					PCR	process	is	typically	performed	in	a	sealed	reaction	tube	containing	the	reagents	and	

template	DNA	molecules	by	a	PCR	equipment	such	as	thermal	cycler.	Figure	1.3	illustrates	

liquid	phase	PCR	process.	The	thermal	cycler	heats	up	and	cools	down	the	reaction	tubes	as	

it	is	programed	to	achieve	the	temperature	required	for	the	three	steps	of	the	PCR	process.	

This	type	of	PCR	is	called	the	liquid	phase	when	the	reagents	are	inside	a	buffer	solution;	the	

PCR	mastermix.	However,	if	one	or	both	DNA	primers	are	immobilized	on	a	solid	surface,	the	

process	is	termed	as	Solid	Phase	PCR	(SP-PCR).	SP-PCR	has	a	variety	of	applications	such	as	

high-throughput	DNA	 sequencing	 in-vitro	 transcription	 [14]	 and	 SNP	 analysis	 [15-17].	 If	

both	forward	and	reverse	primers	are	attached	to	the	solid	surface,	it	is	called	bridge	PCR.	

Figure	 1.4	 depicts	 the	 PCR	 bridge	 amplification.	 A	 similar	 type	 of	 bridge	 PCR	 is	 used	 by	

Illumina's	HiSeq	platform.	[20]		
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Figure	1.4-	PCR	bridge	amplification	[18]	

	

					The	 liquid	 phase	 PCR	 provides	 higher	 efficiency	 than	 the	 solid	 phase	 due	 to	 higher	

reaction	kinetics	in	the	solution.	However,	they	usually	require	expensive	florescent	probes	

and	 complex	 optic	 detection	 equipment,	 especially	 when	 the	 application	 is	 expanded	 to	

highly	 multichannel	 assays.	 In	 the	 other	 words,	 SP-PCR	 provides	 a	 platform	 to	 parallel	

analysis	due	to	the	rapid	development	of	micro	and	nanofabrication	technology	[19-22].	
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1.3.3	Quantification	of	PCR	products	and	qPCR	

					Thermal	PCR	is	a	highly	efficient	process	for	DNA	amplification.	At	100%	efficiency,	each	

cycle	doubles	the	number	of	target	DNA	molecules.	However,	there	are	multiple	factors	such	

as	 DNA	 contamination,	 annealing	 temperature,	 DNA	 polymerase	 activity,	 in	 addition	 to	

reagents	and	primer	design	that	can	reduce	the	efficiency.	The	PCR	amplification	formula	is	

[15]:	

𝑀 = 𝑀'(1 + 𝛼)+			 	 	 (1-1)	

Where	M0	 is	 the	 starting	 number	 of	 molecules,	 n	 is	 the	 number	 of	 cycles,	 and	 α	 is	 the	

efficiency.	At	100%	efficiency,	α=1.	

						One	of	the	most	established	detection	and	quantification	methods	for	PCR	is	Real-Time	

Polymerase	Chain	Reaction	also	known	as	qPCR	that	tracks	the	amplification	process	in	real	

time	not	at	the	end	of	the	process	as	in	conventional	methods.	Two	widely	used	methods	of	

simultaneous	 detection	 and	 quantification	 of	 qPCR	 are	 first,	 using	 nonspecific	 florescent	

dyes	such	as	Sybr	Green	1	that	are	retained	in	between	any	double	strand	DNA	molecules;	

and	second,	using	sequence	specific	DNA	probes	which	are	fluorescently	labeled	and	will	be	

detectable	only	after	hybridization	with	their	complementary	sequence	[15].	These	methods	

require	 using	 florescent	 dyes	 and	 the	 detection	 can	 be	 seen	 after	 hybridization	 of	 DNA	

molecules.	However,	due	to	the	complexity	and	high	cost	of	the	florescent	detection	methods,	

label	free	methods	are	highly	desirable.	Several	research	groups	have	been	working	on	this	

topic	 and	 developed	 new	 approaches	 such	 as	 PH	 sensing,	 surface	 plasmon	 resonance	

detection	and	field	effect	sensing	[23-25].	
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1.4	Detection	methods	of	DNA	Biosensors	

					Detection	process	is	a	very	critical	step	for	DNA	biosensors	including	PCR	systems	and	

numerous	studies	have	been	done	in	this	regard.	Optical	transducers,	mass	transducers	and	

electrochemical	 transducers	are	the	three	major	approaches	that	have	been	developed	to	

detect	DNA	hybridization.	Key	methods	in	each	category	will	be	discussed	in	the	following	

sections.	

	

1.4.1	Optical	transducers		

				Optical	transducers	are	one	of	the	major	approaches	to	detect	DNA	hybridization	and	four	

main	techniques	in	this	category	are	presented	here:		

1- Fluorescence		

				Biosensor	with	fluorescence	detection	technologies	have	high	sensitivity	and	can	detect	

up	to	10e7	molecules/cm2.	In	this	technique,	the	target	DNA	is	labeled	with	a	fluorophore,	

such	as	fluorescein	isothiocyanate	(FITC).	When	DNA	target	molecules	hybridize	with	the	

complementary	primes	in	the	solution,	the	optical	signal	can	be	detected	using	an	imaging	

florescence	 instrument.	Although	 this	 technique	has	high	 sensitivity,	 it	 has	high	 cost	 and	

complexity,	 low	 efficiency	 in	 labeling	 and	 synthesis	 of	 target	 DNA	 molecules,	 and	 non-

uniform	 fluorophore	 radiation	 intensity	 which	 all	 cause	 low	 accuracy	 of	 this	 method	 in	

clinical	diagnosis	[26].	

	

2- Surface	Plasmon	Resonance	(SPR)		

				SPR	 is	another	optical	 technique	which	detects	 reflectivity	changes	at	a	 thin	metal	 film	
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when	an	analyte	is	adsorbed	to	the	surface	(Fig.	1.5).	The	approach	is	useful	for	detecting	

DNA	target	molecule	hybridizations	in	an	array	structure.	Like	the	fluorescence	method,	it	is	

expensive	and	complicated	and	therefore	mostly	used	in	well-established	laboratories	for	

research	purposes	[27].	SPR	monitors	any	molecular	binding	at	the	interface	of	a	thin	metal-

coated	prism	when	 it	 is	 in	 contact	with	a	 sample	 solution.	 It	 detects	 the	 refractive	 index	

changes	 at	 the	 metal	 surface.	When	 light	 is	 incident	 on	 the	 prism-metal	 interface	 at	 its	

resonance	angle,	 the	 intensity	of	 the	reflected	 light	 is	at	 its	minimum.	 In	 the	existence	of	

additional	biomolecules	on	the	metal	surface,	this	angle	change	is	very	sensitive.	Variations	

in	reflectivity	send	a	signal	that	is	proportional	to	the	mass	of	the	biomolecules	bound	to	the	

metal	surface.	To	detect	a	DNA	target	analyte,	a	DNA	probe	is	covalently	attached	onto	the	

metal	surface.	When	the	target	molecule	binds	to	the	complementary	DNA	probe,	the	mass	

and	the	refractive	index	increase.	Thus,	SPR	can	detect	the	binding	of	an	analyte	such	as	DNA	

target	 molecules	 to	 a	 functionalized	 surface	 (with	 complimentary	 DNA	 probes)	 without	

using	any	labels.	This	technique	has	been	widely	used	in	biosensor	technology,	especially	to	

detect	DNA-	DNA	hybridization	[26-27].	However,	it	is	quite	costly	and	complex.	

	

Figure	1.5-	Scheme	of	SPR	techniques	to	identify	target	molecules	absorbed	on	the	surface	
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3- Surface-Enhanced	Raman	Scattering	(SERS)	Spectroscopy	

				SERS	has	several	advantages	compared	to	the	fluorescence	detection	techniques.	A	Raman	

dye	which	can	be	either	fluorescent	or	non-fluorescent	is	used	in	this	method.	By	a	minor	

chemical	modification	of	the	dye	molecule,	the	spectrum	of	the	dye	changes.	The	change	will	

lead	 to	 a	 different	 dye	 with	 a	 different	 Raman	 spectrum,	 even	 though	 its	 fluorescence	

spectrum	 might	 not	 exhibit	 virtually	 indistinguishable	 changes.	 Moreover,	 the	 spectral	

specificity	of	this	method	is	superior	compared	to	the	fluorescence	methods	[26].		

				SERS	 can	detect	 specific	DNA	 sequences.	 For	 that	 application,	 the	 SERS-labeled	probes	

were	hybridized	to	fragments	of	DNA	attached	on	nitrocellulose.	After	hybridization,	probes	

and	DNA	fragments	were	transferred	on	a	SERS-active	substrate.	A	negative	control	solution	

with	non-complementary	DNA	strands	 showed	zero	SERS	 signal.	However,	 for	 a	positive	

control	with	complementary	DNA	stands,	SERS	peaks	were	observed.	In	addition,	the	SERS	

method	was	utilized	to	detect	DNA	fragments	of	the	human	immunodeficiency	virus	(HIV)	

[26].	

	

4- Colorimetric	Detection	

				Colorimetric	detection	methods	are	intersting	methods	because	they	are	harmless,	simple	

and	 relatively	 inexpensive	 compared	 to	 fluorescence	 tagging	 techniques.	 For	 instance,	

Colorimetric	 detection	 was	 presnted	 as	 a	 method	 for	 visual,	 qualitative	 and	 concurrent	

detection	of	HIV,	hepatitis	C	virus	(HCV)	and	reverse-transcribed	hepatitis	B	virus	(HBV)	

genomes	in	infected	blood	samples	with	a	DNA	chip	[26].		

					Figure	1.6	illustrates	a	two-color	labeling	approach	of	a	single-stranded	oligonucleotide	

(ODN)	 array	used	 for	 detection	 of	 two	different	DNA	 target	molecules	 in	 a	 solution.	 The	
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immobilized	DNA	probe	on	 the	 solid	 surface,	 the	ODN-functionalized	nanoparticle	 labels,	

and	the	DNA	target	molecules	were	designed	to	co-hybridize	in	a	three-component	sandwich	

assay.	Two	different	size	gold	nanoparticles	(with	50	and	100	nm	diameter)	were	used	in	

this	experiment.	When	50	nm	gold	nanoparticles	were	attached	to	the	surface,	green	light	

was	observed	and	orange	light	was	observed	when	100	nm	gold	nanoparticles	were	attached	

to	the	surface	[26,28].	

	

	

Figure	1.6-	Two-color	labeling	of	oligonucleotide	arrays	via	size-selective	scattering	of	

nanoparticle	probes.	Copyright	2001	American	Chemical	Society	[26].	

	

	

1.4.2	Mass	Transducer	(Gravimetric	DNA	Biosensors)	

	

1- Quartz	Crystal	Microbalance	Sensors	

				A	Quartz	Crystal	Microbalance	(QCM)	sensor	consist	of	a	thin	quartz	disc	placed	between	

a	 pair	 of	 electrodes.	 It	 is	 a	 mass	 sensitive	 sensor	 capable	 of	 detecting	 very	 small	 mass	

variations.	 Quartz	 is	 a	 piezoelectric	 material	 and	 it	 deforms	 when	 there	 is	 a	 potential	

difference	between	the	electrodes.	The	quarts	resonance	frequency	which	is	dependent	to	



15	
	

the	total	oscillating	mass,	changes	by	any	fluctuations	in	the	material	on	the	sensor’s	surface.	

Similar	to	the	electrochemical	and	some	of	the	optical	DNA	detection	methods,	mass	sensors	

can	detect	label	free	oligonucleotides	[23,28].	

	

2- Microcantilever	Sensors	

				A	microcantilever	sensor	consists	of	a	cantilever	which	is	very	sensitive	to	surface	stress	

variations	 or	 mass	 loadings.	 Hybridization	 between	 an	 immobilized	 ligand	 (e.g.,	 a	 DNA	

probe)	and	an	analyte	(e.g.,	a	DNA	target)	causes	a	change	in	the	cantilever	surface	stress,	

and	hence	the	cantilever	reflection	variations	can	be	detected.	Microcantilever	sensors	have	

many	 advantages	 such	 as	 label-free	 detection,	 precise	 accuracy,	 easy	manufacturing	 and	

small	thermal	mass	[28].	

	

1.4.3	Electrochemical	Transducers	

							Electrochemical	DNA	biosensors	have	multiple	advantages	such	as	high	sensitivity	and	

accuracy,	in	addition	to	compatibility	with	modern	fabrication	technologies,	portability,	low	

cost,	 and	minimal	 power	 requirements.	 These	 features	make	 electrochemical	 sensors	 an	

excellent	candidate	for	molecular	detection	and	disease	diagnostics	[29].	

	

1.4.3.1	The	Working	Principles	of	Electrochemical	DNA	Biosensors	

				Electrochemical	DNA	biosensors	detect	hybridization	of	DNA	molecules.	Their	mechanism	

generally	involves	monitoring	an	electric	current	under	a	controlled	applied	voltage.	DNA	

primers	 are	 immobilized	on	 an	 electrode	 surface	 immersed	 in	 the	 solution	 that	 contains	

either	complementary	or	non-complementary	DNA	molecules.	When	a	segment	of	the	DNA	
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target	 stand	 matches	 the	 immobilize	 primers	 on	 the	 electrode,	 a	 double	 stranded	 DNA	

molecule	 is	 formed	at	 the	electrode	surface	(figure	1.7).	Such	a	complementary	matching	

event	can	be	detected	through	a	change	in	electric	current.		The	detection	can	be	done	using	

specific	electroactive	 indicators,	 such	as	enzyme	and	redox	 labels,	or	 from	hybridization-

induced	 changes	 in	 electrochemical	 parameters	 (e.g.,	 capacitance	 or	 conductivity).	 The	

procedure	of	DNA	attachment	to	solid	surfaces	either	metal	electrodes	or	oxide	surfaces	as	

well	as	the	design	and	selectivity	of	the	electrochemical	probes	and	DNA	primers	and	target	

molecules	are	immensely	important	in	developing	electrochemical	DNA	biosensors	[29].	

	

Figure	1.7-	General	design	of	electrochemical	DNA	biosensor	[29]	
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1.4.3.2	Label-based	electrochemical	detection	of	DNA	hybridization		

				Label-based	electrochemical	DNA	sensors	detects	any	differences	in	the	electrochemical	

behaviour	of	the	labels	before	and	after	DNA	hybridization.	Electrochemical	activities	of	the	

labels	are	different	in	double-stranded	or	single-stranded	DNA	molecules.	These	labels	can	

be	enzymes	or	metal	nanoparticles,	metal	 complexes,	organic	dyes,	or	anti-cancer	agents	

[30]. 				

1.4.3.3	Label-free	electrochemical	detection	of	DNA	hybridization	

    Electrochemical detection of DNA hybridization can be done with no labels and some methods 

are listed below: 

1. Electrical	charge	flow	through	DNA	strands	for	detection	of	hybridization	

				Another	method	to	detect	DNA	hybridization	is	to	investigate	the	flow	of	electrical	current	

through	hybridized	DNA	strands.	A	technique	was	proposed	by	the	leading	DNA	chip	venture	

company,	GeneOhm	Science	 Inc.,	 to	 detect	 single	 nucleotide	polymorphisms	 (SNPs).	 This	

technology	was	based	on	the	capability	of	double	stranded	DNA	molecules	to	carry	electric	

charges.	 In	 this	 method,	 15-30	 base	 long	 DNA	 primers	 were	 immobilized	 on	 the	 gold	

electrode	 surface.	The	primers	were	 complementary	 to	 a	portion	of	 a	 gene	with	 an	 SNP.	

Intercalators	were	also	used	 in	 this	method	 to	analyse	DNA	molecules.	 Intercalation	was	

performed	after	hybridization	of	immobilized	primers	with	the	complementary	DNA	target	

molecules.	 Figure	 1.8	 illustrates	 the	 technology	 proposed	 by	 GeneOhm	 Sciences	 Inc.	 By	

applying	voltage	to	the	gold	electrode,	current	flows	through	the	hybridized	DNA	molecule	
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if	 the	hybrid	 is	100%	matched.	Otherwise,	 if	 there	 is	an	SNP	and	a	mismatch	 in	 the	DNA	

strand,	the	current	flow	is	blocked,	therefore	no	signal	can	be	detected	[30].	

	

	

Figure	1.8-	Electrochemical	detection	of	DNA	hybridization	using	electric	chips	produced	

by	GeneOhm	Science	Inc	[30].	

	

2. Electrochemical	impedance	for	the	detection	of	DNA	hybridization	

				Electrochemical	Impedance	Spectroscopy	(EIS),	constant	current	chronopotentiometry	(A	

variant	of	potentiometry	is	chronopotentiometry	which	consists	of	using	a	constant	current	

and	measurement	 of	 potential	 as	 a	 function	 of	 time),	 and	 also	 capacitance	measurement	
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using	instruments	such	as	LCR	meters,	are	the	most	used	techniques	for	the	electrochemical	

detections	[30-31].		

				Over	 the	 past	 decade,	 EIS	 has	 been	 increasingly	 employed	 in	 the	 DNA	 hybridization	

detection.	It	is	capable	of	modelling	both	capacitive	and	resistive	behaviour	of	an	electrode-

electrolyte	interface	with	attachments	of	biomolecules	such	as	DNA,	RNA	and	proteins	to	the	

electrode	surface.	In	electrochemical	impedance	spectroscopy,	the	impedance	of	the	system	

is	measured	over	a	broad	range	of	frequencies	from	large	frequencies	about	1MHz-10MHz	

to	 small	 frequencies	 about	 100mHz-1Hz	 with	 the	 use	 of	 a	 tiny	 excitation	 signal.	 EIS	

measurements	are	usually	represented	through	Bode	and	Nyquist	plots.	Moreover,	signal	

amplification	 is	 required	 for	 higher	 sensitivity	 [31-32].	 In	 this	 research,	 we	 used	

electrochemical	impedance	spectroscopy	to	validate	the	results	gathered	by	a	source	meter.	

Furthermore,	EIS	measurements	gave	us	an	excellent	understanding	of	the	equivalent	circuit	

parameters	of	the	Metal-Insulator-Electrolyte-Metal	junction	in	our	sensor	before	and	after	

DNA	hybridization.	

3. Field-effect	sensors	for	the	detection	of	DNA	hybridization	

				These	 sensors	 consist	 of	 microfabricated	 semiconductor	 field-effect	 transistors.	 DNA	

primers	are	immobilized	on	the	gate	electrode	and	when	DNA	hybridization	occurs,	charge	

density	on	the	gate	electrode	will	change.	As	a	result,	the	threshold	voltage	of	the	MOS	sensor	

will	change	and	subsequently	the	drain	current	will	alter	[30,32].	
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4. Intrinsic	DNA	signals	for	the	detection	of	hybridization	

				Since	guanine	and	adenine	are	 the	most	electroactive	bases	of	DNA,	 they	 can	easily	be	

adsorbed	 and	 oxidized	 on	 carbon	 electrodes	 [30].	 This	 method	 is	 in	 detection	 of	

electrochemical	reaction	and	is	not	of	interest	to	us.	
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Chapter	2:	Voltage	Cycling	PCR	(vcPCR)	

	

2.1	Introduction:	

					As	mentioned	in	the	previous	chapter,	conventional	PCR	operates	by	amplifying	specific	

DNA	 segments	 using	 thermal	 cycling	 in	 three	 main	 steps:	 denaturation,	 annealing	 and	

elongation.	PCR	was	a	revolutionizing	method	in	molecular	biology	when	invented;	however,	

it	has	several	setbacks.	Thermal	cycling	takes	about	an	hour	and	it	requires	bulky	equipment	

to	 run	 the	process.	Voltage	Cycling	PCR	 (vcPCR),	 invented	 in	our	 lab	 at	UCI,	 is	 a	method	

performing	PCR	by	using	voltage	cycling	or	electric	field	cycling	instead	of	thermal	cycling.	

vcPCR	efficiently	 shortens	 the	processing	 time	 to	 less	 than	 five	minutes.	Moreover,	 since	

vcPCR	is	performed	using	voltage	cycling,	it	enables	making	the	tools	lighter,	portable	and	

battery	 operated.	 Furthermore,	 label	 free	 methods	 can	 be	 performed	 for	 amplification	

detection	[33].	

	

2.2	The	vcPCR	Process:	

					A	DNA	molecule	consists	of	two	strands	that	coil	around	each	other	to	form	a	double	helix.	

Each	 strand	 has	 a	 backbone	 composed	 of	 altering	 groups	 of	 phosphate	 and	 sugar	

(deoxyribose).	Then	DNA	bases	adenine	(A),	cytosine	(C),	guanine	(G),	or	thymine	(T)	are	

attached	to	each	sugar.	The	two	strands	are	bound	together	by	hydrogen	bonds	between	the	

bases.	Adenine	 can	be	bound	 to	 thymine	and	 cytosine	 can	be	bound	 to	guanine	and	vice	

versa.	Figure	1.9	shows	the	molecular	structure	of	DNA	where	hydrogen	bonds	shown	as	

dotted	lines	[34-35].	
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Figure	1.9-	Molecular	structure	of	DNA;	hydrogen	bonds	shown	as	dotted	lines	[35].	

	

					As	depicted	in	figure	1.9,	phosphate	groups	in	the	DNA	molecule	are	negatively	charged.	

The	principle	behind	vcPCR	is	to	break	the	hydrogen	bonds	between	DNA	strands	using	the	

force	applied	by	an	electric	field	to	the	negatively	charged	phosphate	groups	of	the	backbone.	

Thus,	vcPCR	can	be	used	only	in	solid	phase	PCR.	In	vcPCR,	one	or	both	DNA	primers	are	

immobilized	to	a	solid	surface	and	an	electric	field	is	applied	between	the	surface	and	the	

counter	electrode	 in	 the	 solution.	Figure	1.10	 illustrates	 the	concept	of	unzipping	double	

stranded	DNA	molecules	using	electric	fields.	Hydrogen	bonds	between	DNA	bases	are	much	

weaker	than	covalent	bond	between	the	 linker	molecules	and	the	surface.	Thus,	when	an	

electric	field	is	applied	between	the	surface	and	the	counter	electrode,	as	shown	in	figure	

1.10	(b),	 it	will	break	the	hydrogen	bonds	and	unzip	the	double	stranded	DNA	molecules	

while	leaving	the	covalent	bonds	unbroken.	The	strength	of	the	electric	field	should	be	high	
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enough	to	break	the	hydrogen	bonds	and	low	enough	not	to	detach	the	primers	from	the	

surface	in	the	solution	[36].				

	

	

	

Figure	1.10.	High	electric	fields	unzip	double	stranded	DNA	molecules	(a)	hybridized	state	

(b)	Denatured	state	[36]	

	

						Several	research	groups	have	studied	denaturation	of	double	stranded	DNA	molecules	

using	 force	 [37-40].	 The	 intensity	 of	 the	 force	 required	 to	break	 the	pair	 of	 adenine	 and	

thymine	is	around	~10pN	while	the	required	force	is	~20pN	for	the	cytosine	and	guanine	

pair.	The	higher	force	needed	to	break	the	bond	of	cytosine	and	guanine	is	because	based	on	

Watson-Crick	DNA	structure,	A-T	pair	has	two	and	C-G	pair	has	three	hydrogen	bonds.	In	
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comparison,	 the	 force	 required	 to	 break	 the	 bond	 of	 Gold-Thiol	 molecules	 and	 biotin-

streptavidin	molecules	are	~1nN	and	~400pN	respectively	[41-44].		

					The	force	applied	to	the	hybridized	DNA	molecules	immobilized	on	the	surface	is:	

𝐹 = −𝑞𝑏𝑐𝐸		 	 	 	 (2-1)	

Where	q	is	the	charge	of	an	electron,	b	is	the	number	of	bases	in	the	DNA	strand,	and	c	is	the	

charge	contribution	of	the	DNA	ranging	from	0.1-1	depending	on	the	ionic	strength	of	the	

solution	[36].	

					Similar	to	thermal	PCR,	vcPCR	has	three	steps	of	denaturation,	annealing	and	extension.	

Moreover,	as	mentioned	earlier,	vcPCR	can	be	performed	only	in	solid	phase.	It	means	that	

before	the	process,	one	or	both	primers	should	be	immobilized	on	the	solid	surface.	In	the	

denaturation	step,	an	electric	field	between	the	surface	and	the	counter	electrode	is	applied	

to	break	the	hydrogen	bonds	and	melt	all	the	double	stranded	DNA	molecules;	figure	1.11	

(d).	 In	 this	 step	 the	 potential	 of	 the	 surface	 is	 more	 negative	 compared	 to	 the	 counter	

electrode.	 In	 the	 annealing	 step,	 the	 electric	 field	 will	 be	 reversed,	 forcing	 DNA	 target	

molecules	close	to	the	surface,	figure	1.11(e).	Then	DNA	polymerase,	already	activated	in	the	

initial	step	similar	to	the	conventional	PCR,	will	extend	the	strands	using	nucleotides	in	the	

PCR	solution	in	the	extension	step.	By	repeating	these	steps,	all	the	primers	on	the	surface	

will	be	elongated	in	a	100%	efficient	case,	figure	1.11(h).	As	mentioned	earlier,	vcPCR	works	

either	with	 one	 primer	 or	 both	 attached	 to	 the	 surface.	 In	 cases	 that	 only	 one	 primer	 is	

attached,	the	other	primer	should	exist	in	the	PCR	solution.	While	when	both	primers	are	

immobilized	to	the	surface,	PCR	bridge	will	happen.				
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Figure	1.11-	vcPCR	(a)	Surface	with	attached	forward	primers	(b)	Annealing	(c)	forward	

primer	extension	(d)	Electric	field	based	denaturation	(e)	Annealing	(f)	Electric	field	based	

denaturation	(g)	Annealing	of	forward	and	reverse	primers	(h)	vcPCR	completion	–	surface	

saturation	[36]	
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Chapter	3:	Metal-Electrolyte-Insulator-Metal	 Junction	with	 immobilized	

(fixed)	charges	on	the	insulator	surface		

				This	chapter	starts	with	a	brief	review	on	electrical	double	layer	followed	by	a	description	

of	the	potential	distribution	and	energy	band	diagram	of	a	Metal-Insulator-Electrolyte-Metal	

junction.	 This	 junction	 is	 the	 basis	 of	 the	 biosensor	 introduced	 in	 this	 research.	 Next,	

potential	calculation	and	approximations	are	presented	and	finally,	equivalent	circuit	model	

of	the	junction	is	presented.	

3.1	Brief	description	of	Electrical	Double	Layer	

				When	 a	 metal	 electrode	 is	 immersed	 in	 an	 electrolyte	 containing	 ionic	 particles,	 the	

charges	 accumulated	 on	 the	 surface	 of	 the	 electrode,	 repel	 the	 co-ions	 while	 attracting	

counter-ions.	The	rearrangement	of	the	ions	at	the	electrode	side	is	called	Electrical	Double	

Layer	(EDL).	 	Herman	von	Helmholtz	[45]	was	the	 first	 to	propose	the	concept	of	EDL	as	

formation	of	two	compact	layers	of	charges	at	the	electrode/electrolyte	interface	in	1853.	

Helmholtz	model	is	similar	to	a	conventional	dielectric	parallel	plate	capacitance	with	two	

electrode	surfaces	separated	by	a	distance	of	H;	shown	in	figure	3.1	(a).	The	thickness	of	the	

distance,	 H,	 in	 Helmholtz	 model	 can	 be	 estimated	 by	 the	 radius	 of	 counter-ions	 in	 the	

solution.		

				Louis	Gouy	and	David	Chapman	observed	that	the	capacitance	varies	in	response	to	any	

change	 in	the	 ionic	concentration	of	 the	solution	or	the	applied	potential	of	 the	 interface.	

They	proposed	a	more	 advanced	model	by	 considering	 the	 fact	 that	 the	 solvent	 ions	 are	

mobile	in	the	solution	and	can	be	driven	by	the	coupled	influences	of	electrostatic	forces	and	

diffusion.	Figure	3.1	(b)	illustrate	the	model	proposed	by	Gouy-Chapman.	
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				However,	 Gouy-Chapman	model	 failed	 for	 highly	 charged	 double	 layers.	 In	 1924,	 Otto	

Stern	 combined	Helmholtz	 and	Gouy-Chapman	models	 and	described	 the	 electric	 double	

layer	as	the	sequence	of	two	layers;	the	internal	stern	layer	and	diffuse	layer,	figure	1.3	(c)	

[46-51].	

				Thus,	in	the	Stern	model,	the	total	thickness	of	the	electric	double	layer	is	the	summation	

of	the	thickness	of	the	Stern	and	diffuse	layer.	It	depends	on	the	size	of	the	ions	and	their	

movement	 and	 concentration	 in	 the	 electrolyte.	 The	 thickness	 of	 EDL	 varies	 from	

approximately	1	Angstrom	to	10	nm	as	described	by	the	Debye	length	that	will	be	explained	

in	the	following	sections	in	more	details.	[47].	

	

	

Figure	3.1-	Electric	double	layer	structure	(a)	Helmholtz	model	(b)	Gouy-Chapman	model	

(c)	Gouy-Chapman-Stern	model	[46]	
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				Several	other	scientists	proposed	more	advance	models;	however,	Gouy-Chapman-Stern	

model	is	the	most	practical	model	to	describe	electrical	double	layers	and	it	is	employed	in	

this	research	as	well.		

3.2	Potential	distribution,	Energy	Band	Diagram	and	charge	distribution	of	

a	Metal-Electrolyte-Insulator-Metal	Junction		

				Figure	3.2	shows	a	1-D	model	of	the	potential	distribution	throughout	a	Metal-Electrolyte-

Insulator-Metal	junction	under	a	bias	Va.	

	

		 												Metal1				Oxide	 	 Electrolyte	 	 	Metal2	 		

	

Figure	3.2-	Potential	distribution	along	the	Bio-sensor	structure	
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				As	shown	in	the	figure	3.2,	 there	are	several	characteristic	electrostatic	potential	drops	

within	the	structure.	From	right	to	left,	the	first	potential	drop	is	due	to	the	Gouy-Chapman-

Stern	double	 layer	at	 the	electrode-electrolyte	 interface.	The	second	drop	 is	 the	potential	

drop	due	to	the	second	double	layer	at	the	electrolyte-insulator	interface.	Finally,	there	is	a	

linear	potential	drop	within	the	insulator.	𝜓23 	is	the	potential	drop	across	the	insulator	and	

𝜓4567+ 	and	𝜓89: 	are	the	potential	drops	across	the	stern	and	diffuse	layers	at	the	electrolyte-

insulator	interface,	respectively	[52].	

				Electric	 field	 is	 the	 negative	 gradient	 of	 the	 potential,	 𝐸 = −∇𝑉,	 and	 similarly	 to	

semiconductors	band	bending	in	1-D,	we	have	

𝐸 = =
>
8?@
83

= =
>
8?A
83
	 	 (3-1)	

where	dEc	and	dEv	are	the	change	in	the	energy	of	the	conduction	and	valance	bands	across	

the	junction,	respectively.	Thus,	Energy	band	diagram	of	a	Metal-Electrolyte-Insulator-Metal	

junction	with	no	fixed	charges	under	a	bias	voltage,	Va,	can	be	shown	as	figure	3.3.			

	

Figure	3.3-	Energy	band	diagram	of	a	Metal-Electrolyte-Oxide-Metal	junction	



30	
	

				When	some	fixed	charges	such	as	DNA	molecules	are	covalently	attached	to	the	insulator	

surface,	 the	 potential	 distribution	 within	 the	 electrical	 double	 layer	 at	 the	 electrolyte-

insulator	 interface	 will	 change.	 Figure	 3.4	 illustrates	 the	 potential	 distribution	 of	 the	

electrical	double	 layer	 at	 the	electrolyte-insulator	 interface	while	 the	 insulator	 surface	 is	

derivatized	with	negative	charges.	It	demonstrates	𝜓(𝑥)	from	the	insulator	surface	through	

the	Stern	layer	and	the	membrane	with	the	negative	charges	into	the	electrolyte	[53].	The	

parameters	of	this	figure	are	discussed	in	detail	in	the	following	section.		

	

		

Figure	3.4-	Potential	distribution	𝜓(𝑥)	of	the	electric	double	layer	at	the	insulator-

electrolyte	interface	with	negative	fixed	charges	on	the	insulator	surface.	

	

				Charge	 distribution	 of	 a	 Metal-Insulator-Electrolyte-Metal	 junction	 when	 some	 fixed	

negative	charges	are	covalently	attached	to	the	insulator	surface	is	illustrated	in	figure	3.5.	

The	main	contribution	is	the	electrolyte	charge	σe,	which	can	be	divided	into	the	charges	in	

the	membrane	and	diffuse	layer	σmd,	and	the	adsorbed	charges	to	the	insulator	surface,	σ0	.	
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The	other	contribution	 is	 the	charges	buried	within	the	 insulator	 layer,	σf	 .	σd	 is	 the	total	

charges	in	the	diffuse	layer	within	the	electrolyte	[54].	

	

Figure	3.5-	Illustration	of	the	different	charge	contributions	to	the	bio	sensor	while	some	

negative	fixed	charges	are	covalently	attached	to	the	insulator	surface	

	

3.3	 Potential	 equations	 and	 calculations	 for	 EDL	 and	 ion-permeable	

membrane:	

				The	Gouy-Chapman	Stern	theory	provides	a	relationship	between	applied	potential	and	

accumulated	charges	at	 the	surface	of	electrochemical	 interfaces.	However,	 this	 theory	 is	

based	on	electrostatics	and	does	not	take	into	account	the	chemical	reactions	that	can	give	

rise	 to	 extra	 charge	 formation.	 Thus,	 site-binding	 model	 is	 needed	 to	 consider	 the	

electrochemical	reactions	as	well.	This	model	allows	for	modeling	of	the	chemical	processes	

that	can	give	rise	to	net	charge	presence	in	the	insulator’s	interface.	The	need	for	the	site-

binding	 model	 comes	 from	 the	 inability	 of	 the	 regular	 double	 layer	 theory	 to	 correctly	

predict	the	net	charge	density	in	the	electrolyte	[52-54].	
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				In	some	cases,	the	molecules	to	be	detected	could	be	bound	to	insulator	surfaces	that	are	

initially	uncharged	and,	 in	others,	 charge	at	 the	 insulator	surface	exists	as	a	 result	of	 the	

adsorption	of	spurious	ions	or	charged	molecules.	However,	many	surfaces	have	sites	that	

will	come	into	equilibrium	with	the	electrolyte	by	exchanging	protons	and	this	charging	can	

be	described	by	the	site-binding	model.	σ0	in	figure	3.5	represents	absorbed	charge	density	

on	the	insulator	surface	and	Ψ0	in	figure	3.4	indicates	the	corresponding	surface	potential.	

Using	this	model,	the	equilibrium	surface	charge	density	is	given	by	[54]	

𝜎' = 𝑞𝑁4
DEF

=GDGF
	 	 	 	(3-2)	

𝐴 = IJ K
LM

𝑒EOPK 	 	 	 	(3-3)	

𝐵 = LR
IJ K

𝑒OPK 	 	 	 	(3-4)	

Where	 𝐻G
'	 is	 the	bulk	proton	concentration,	Ka	and	Kb	are	reaction	constants,	β	equals	

q/kT,	 and	 Ns	 is	 the	 insulator	 surface	 amphoteric	 site	 density.	 The	 values	 of	 Ns	 and	 the	

parameters	 of	𝑝𝐾V = −𝑙𝑜𝑔='(𝐾V),	 and	𝑝𝐾Z = −𝑙𝑜𝑔='(𝐾Z)	 for	 some	 common	 surfaces	 are	

shown	in	table	3.1.		

Table	3.1-	Values	of	site-binding	model	parameters	[53]	
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				As	shown	in	table	3.1,	gold	surfaces	have	very	 low	densities	of	binding	sites	 for	proton	

exchange	and	functionalized	gold	gates	with	densely	packed,	uncharged	spacer	molecules	

could	 closely	 approximate	 a	 charge-free	 surface	 [53].	 Moreover,	 using	 APTES	 for	

functionalizing	the	oxide	surface	changes	the	properties	of	 the	oxide	 layer	 in	site-binding	

model.		

				By	adding	charged	molecules	such	as	DNA	molecules	to	the	insulator’s	surface,	the	effect	

of	the	excess	charges	caused	by	the	DNA	molecules	cannot	be	treated	as	the	adsorbed	charge	

in	the	site-binding	model.	This	is	because	of	the	large	quantity	of	the	DNA	molecules.	Under	

such	large	volumes,	the	attached	charged	molecules,	will	extend	into	the	double	layer	region	

of	 the	electrolyte.	As	mentioned	earlier,	 the	presence	of	 fixed	charges	 in	 the	diffuse	 layer	

causes	a	change	in	the	potential	distribution.	There	are	three	layers	in	the	electrical	double	

layer	with	fixed	DNA	molecules	as	shown	in	figure	3.4:		

1- Stern	layer:	It	starts	from	the	metal-insulator	interface	to	the	outer	Helmholtz	plane	

(OHP).	 The	 potential	 will	 vary	 linearly	 versus	 the	 distance	 from	 the	 insulator-

electrolyte	interface	in	this	region.		

2- Membrane:	The	membrane	contains	uniformly	distributed	fixed	charges,	for	instance	

DNA	molecules.	For	the	region	permeated	with	DNA,	the	equation	that	describes	the	

potential	profile	is	the	DNA	charge-perturbed	1-D	Poisson-Boltzmann	equation,	given	

by	equation	(3-6)	[53].	

3- Diffuse	 layer:	 The	 potential	 distribution	 is	 also	 described	 by	 Poisson-Boltzmann	

equation	for	diffuse	layer	in	equation	(3-5)	[53].	
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𝜆\] 𝑧𝛽
8`P(3)
83`

= sinh 𝑧𝛽𝜓(𝑥)	 	 		𝑥 > 𝑤	 	 	 	 	 															(3-5)	

𝜆g] 𝑧𝛽
8`P(3)
83`

= sinh 𝑧𝛽𝜓(𝑥) − hij
]k+K

= sinh 𝑧𝛽𝜓(𝑥) − sinh 𝑧𝛽𝜓lm 		 	0 < 𝑥 < 𝑤	 (3-6)	

Where	z	 is	 the	 ionic	valance,	𝛽	 equals	 to	q/kT,	𝜓	 is	potential,	𝑁g	 is	 the	concentration	of	

immobilized	charges	in	the	membrane,	𝑛'	is	the	concentration	of	ions	in	the	electrolyte,		and	

𝜆g = 𝑘𝑇𝜀g 2𝑛'𝑧]𝑞]		and	𝜆\ = 𝑘𝑇𝜀\ 2𝑛'𝑧]𝑞]		are	the	Debye	lengths	in	the	membrane	

and	diffuse	layer,	respectively.	The	difference	between	the	Debye	lengths	is	the	permittivity	

of	the	solution	in	the	membrane	and	electrolyte	which	are	slightly	different.		

					The	term	hij
]k+K

	in	equation	(3-6)	is	originating	from	the	immobilized	charges	and	has	been	

written	in	terms	of	Donnan	Potential.	The	Donnan	potential	is	[53]	

𝜓lm =
=
kO
𝑠𝑖𝑛ℎE= hij

]k+K
= =

kO
𝑙𝑛 hij

]k+K
+ 1 + hij

]k+K

]
		 	 	 (3-7)	

				As	shown	in	figure	3,	x	axis	is	perpendicular	to	the	insulator	surface	and	its	origin	is	at	the	

outer	Helmholtz	plane	(OHP).	The	membrane	lies	between	x=0	and	x=w	where	the	potentials	

are	𝜓g 	and	𝜓8 	,	respectively.		

				In	this	research	we	have	used	commercial	mastermix	solutions	for	PCR	reaction.	It	consists	

of	1-4	mM	MgCl2,	~400uM	each	of	dATP,	dTTP,	dCTP,	dGTP,	DNA	Taq	polymerase	in	reaction	

buffer	 and	 stabilizers.	 The	 PCR	 reaction	 buffer	 is	 a	mixture	 of	 ~50mM	KCl	 or	 NaCl	 and	

~10mM	Tris-HCl	pH	8-9.	Different	 companies	use	 slightly	different	 concentrations	of	 the	

ingredients.	Therefore,	 the	 ionic	strength	of	 the	PCR	mastermix	 is	~60mM	that	equals	 to	

3.61e17	charges	per	cm3.	The	Debye	length	in	the	membrane	is	9.6nm,	1.24nm	and	0.96nm	

for	solutions	with	the	concentration	of	1mM,	60mM	and	100mM,	respectively.	We	assume	

that	the	relative	permittivity	is	almost	similar	in	the	electrolyte	and	membrane	and	is	equal	
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to	80.	Moreover,	for	the	fixed	charge	densities	of	2.5e10	per	cm2,	2.5e11	per	cm2	and	2.5e12	

per	 cm2	 on	 the	 insulator	 surface,	 the	 Donnan	 potential	 is	 0.2mV,	 2.5mV	 and	 22.5mV,	

respectively.		

				To	calculate	the	values	of	𝜓' 	,	𝜓g,	𝜓6 	and	𝜓8 	,	it	is	assumed	that	the	potential	in	the	bulk	of	

the	electrolyte	is	zero.	To	solve	equations	(3-5)	and	(3-6),	we	used	a	solution	presented	by	

D.	Landheer	and	his	colleagues	[53].	In	the	membrane,	by	having	7*1019	charges/cm3,	the	

concentration	of	DNA	molecules	will	be	approximately	100mM.		

					To	complete	potential	and	charge	calculations	in	the	system,	another	equation	should	be	

solved	which	is	provided	by	using	Gauss’s	law	between	the	bulk	of	the	electrolyte	and	metal,	

𝜎g65Vx + 𝜎' + 𝜎g8 = 0																									(3-8)	

	where	

𝜎g65Vx = 𝐶23 ∗ (𝑉V − 𝜓')																							(3-9)	

𝐶23	 is	 the	 capacitance	of	 the	 insulator	 layer.	𝜎'	 comes	 from	equation	 (3-2)	 and	 it	 can	be	

simplified	as	[53]:		

2.303 𝑝𝐻~k� − 𝑝𝐻 = 𝛽𝜓' + 𝑠𝑖𝑛ℎE=
�K

]> LR/LM �/`i�
− 𝑙𝑛 1 − �K

>i�
														(3-10)	

				where	𝑝𝐻 = −𝑙𝑜𝑔='( 𝐻G
'),	and	𝑝𝐻~k� = (𝑝𝐾V + 𝑝𝐾Z)/2	.	By	replacing	𝜎'	with	−𝜎g65Vx −

𝜎g8 	in	equation	3-10,	we	have	the	relation	between	𝜓',	applied	voltage	on	the	electrode,	Va	

and	total	net	charge	in	the	membrane	and	electrolyte,	𝜎g8:		

2.303 𝑝𝐻~k� − 𝑝𝐻 = 𝛽𝜓' + 𝑠𝑖𝑛ℎE=
E���∗(�MEPK)E�j�
]> LR/LM �/`i�

− 𝑙𝑛 1 − E���∗(�MEPK)E�j�
>i�

				(3-11)	

				In	 general,	 𝜎g8 	 ,	 and	 equation	 3-8	 should	 be	 solved	 numerically.	 After	 simplifying	

equations	3-5	and	3-6,	and	applying	boundary	conditions,	D.	Landheer	and	his	colleagues	

introduced	function	𝑀 𝜓g 	[53],	
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𝜎g8 = 𝑠𝑔𝑛 8P
83
|P�Pj (2𝜀g𝑘𝑇𝑛')

�
`𝑀(𝜓g)				 	 	 												(3-12)	

				Where	

𝑀 𝜓g = 2 𝑐𝑜𝑠ℎ𝑧𝛽𝜓g − 𝑐𝑜𝑠ℎ𝑧𝛽𝜓6 − 𝑧𝛽 𝜓g − 𝜓6 𝑠𝑖𝑛ℎ𝑧𝛽𝜓lm =/]				(3-13)	

𝜓' 	,	𝜓g,	𝜓6 	and	𝜓8	are	shown	in	figure	3-4.	Additionally,	from	boundary	conditions,	𝜓'	can	

be	written	as	

𝜓' = 𝜓g − �j�
������

																			(3-14)	

				For	the	numerical	solution,	we	start	with	an	educated	guess	for	𝜓6 	or	𝜓8 	and	calculate	the	

other	one.	Subsequently,	the	amount	of	𝜓g	,	𝜎g8 ,	𝜓' 	and	𝜎'	are	calculated.	Then	we	repeat	

the	process	until	equation	3-8	is	satisfied.	D.	Landheer	and	his	colleagues	used	a	numerical	

method	such	as	Stoermer	algorithm	to	solve	the	equations.	

				All	formula	was	written	for	numerical	solution;	however,	if	𝜓 ≪ 𝑧𝑘𝑇/𝑞,	an	approximation	

can	 be	 applied	 to	 equation	 3-13,	 besides	𝜓6 ≈ 𝜓lm	 in	 case	 there	 is	 an	 extremum	 in	 the	

potential,	then	[53]	

𝑀 𝜓g ≈ 𝑧𝛽 𝜓g − 𝜓lm 																				(3-15)	

Then	

𝜎g8 ≈ −𝐶�?� 𝜓g − 𝜓lm 																		(3-16)	

Where	

𝐶�?� = 𝜀g 𝜆g					and							𝜆g = 𝑘𝑇𝜀g 2𝑛'𝑧]𝑞]								(3-17)	

	

The	total	linearized	double	layer	capacitance	is		

=
����

= =
������

+ =
����

																															(3-18)	

Thus,	equation	3-16	can	be	written	as		
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𝜎g8 ≈ −𝐶�l� 𝜓' − 𝜓lm 																		(3-19)	

	The	parameters	used	in	these	calculations	are	per	unit	area.				

				Conclusion	 from	 the	 linearized	 formula	 is	 that	when	 the	 voltage	 is	 small,	 adding	 fixed	

charges	does	not	make	a	significant	change	in	the	potential	distribution.	Thus,	it	is	assumed	

that	CLDL	acts	as	a	depletion	layer	capacitance	at	the	insulator-electrolyte	junction	and	the	

formula	is	simplified	based	on	that.		

				The	double	layer	capacitance	will	be	independent	of	the	fixed	charges	on	the	surface	when	

the	Donnan	potential	is	very	small	and	the	membrane	is	thick	so	that	the	Donnan	potential	

occurs	inside	the	membrane.	In	this	case,	the	double	layer	capacitance	is	almost	independent	

to	 the	density	of	 fixed	charges	and	 is	mostly	 changing	with	 the	dielectric	 constant	of	 the	

membrane	[53].		

				Using	 the	 numerical	 solution	 explained	 above,	 the	 amount	 of	𝜓' 	 ,	𝜓g,	𝜓6 	 and	𝜓8 	were	

calculated	 as	 49.3mV,	 -10.1mV,	 -37.3mV,	 and	 -0.57	mV,	 respectively	 for	 aluminum	oxide	

surface.	W	was	also	calculated	as	8.27nm.	The	numbers	used	for	Nm	and	the	concentration	

of	the	electrolyte	were	7e19	per	cm3	and	66mM,	respectively.	In	this	model,	no	tunneling	

current	is	passing	through	the	insulator.		

				“Estrela	 reported	 impedance	measurements	 on	 an	 EIS	 capacitor	with	 a	 gold	 electrode	

using	0.005M	NaCl	solutions	at	pH	and	20-mer	ssDNA	probes	with	thiol	spacers.	Assuming	

the	DNA	molecules	were	perpendicular	to	the	surface	and	using	the	probe	density	of	1.7*1013	

cm-2	determined	with	a	quartz	microbalance,	the	calculations	predict	a	flatband	voltage	shift	

of	143	mV,	in	reasonable	agreement	with	the	measured	value	of	170	mV”	[53].	

				There	are	major	factors	effecting	potential	distribution	throughout	the	double	layer	area.	

First,	the	amount	of	fixed	charges	on	the	oxide	surface	whose	effect	is	shown	in	figure	3.6.		In	
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positive	 bias,	 in	 case	 of	 immobilized	 negative	 charges	 on	 the	 surface,	 tunneling	 current	

passing	through	the	oxide	will	increase	due	to	the	rise	in	the	electric	field	and	will	decrease	

in	 negative	 bias	 for	 the	 opposite	 reason.	 There	will	 be	 an	 extremum	 in	 figure	 3.6	 (b)	 if	

positive	charges	are	immobilized	on	the	insulator	surface.		

	

(a)	

	

(b)	

Figure	3.6-	Metal-Insulator-Electrolyte	junction	when	negative	charges	are	covalently	

attached	to	the	insulator	surface	(a)	in	positive	bias	(b)	in	negative	bias	

					Moreover,	 ion	 concentration	 in	 electrolyte	 effects	 potential	 distribution	 in	 the	 double	

layer.	Its	effect	is	qualitatively	shown	in	figure	3-7.		
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Figure	3.7-	The	effect	of	ion	concentration	on	the	electric	double	layer	potential	

distribution		

	

3.4	Equivalent	Circuit	Models	

	

				The	most	common	equivalent	circuit	models	used	to	 fit	 impedance	data	of	an	electrical	

double	 layer	 for	 both	 faradaic	 and	 non-faradaic	 interfaces	 are	 shown	 in	 figure	 3.8.	 For	

faradaic	interfaces,	the	model	is	known	as	Randles	circuit.	In	this	figure,	R2	is	the	resistance	

of	 the	 electrolyte	 solution	 which	 is	 almost	 independent	 of	 any	 bioactivity	 at	 the	 metal-

electrolyte	interface	and	Q1	is	the	capacitance	of	the	electrical	double	layer.	In	parallel	with	

the	double	 layer	capacitor,	 there	 is	a	resistor	modeled	by	R1	or	 leakage	resistor	 for	non-

faradaic	interfaces	or	the	series	combination	of	W1	and	R1	or	charge	transfer	resistor	for	

faradaic	interfaces.	When	the	insulator	is	ideal	and	there	is	no	leakage	current	through	it	or	

when	no	redox	species	 is	present	 in	the	electrolyte,	 leakage	current	 is	 infinite.	W1	or	the	
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Warburg	impedance,	models	the	diffusion	layer	in	the	double	layer	and	represents	the	delay	

of	 species	 in	 the	 electrolyte	 reaching	 the	 electrode	 [47,56].	 W1	 is	 important	 for	

electrochemical	 impedance	 spectroscopy	 curve	 fittings	 for	 faradaic	 processes.	W1	 has	 a	

phase	shift	of	45	degrees	and	is	only	considerable	in	low	frequencies.	“The	charge	transfer	

resistance	(Rct)	is	a	manifestation	of	two	effects:	(1)	the	energy	potential	associated	with	the	

oxidation	 or	 reduction	 event	 at	 the	 electrode	 (i.e.	 the	 overpotential)	 along	 with	 (2)	 the	

energy	barrier	of	the	redox	species	reaching	the	electrode	due	to	electrostatic	repulsion	or	

steric	hinderance.”	[55].	

	

(a)	

	

(b)	

	

Figure	3.8-	Common	circuit	models	for	(a)	nonfaradaic	and	(b)	faradaic	interfaces.	

	

				It	 is	 important	 to	 differentiate	 between	 non-faradaic	 and	 faradaic	 biosensors	 and	

electrochemical	devices.	In	electrochemistry,	a	faradaic	process	occurs	when	electric	charge	
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is	transferred	across	an	electrode-electrolyte	interface.	On	the	other	hand,	transient	currents	

can	flow	without	charge	transfer	in	non-faradaic	processes	for	instant	in	charging	a	capacitor	

[47].	

				The	 double	 layer	 capacitive	 behavior	 has	 been	 known	 to	 be	 different	 from	 a	 pure	

capacitance	by	many	experimentalists	and	it	has	been	modeled	as	a	Constant	Phase	Element	

(CPE)	or	Q1	in	figure	3.8.	Mathematically,	a	CPE	impedance	is	given	by	1/(jwC)m,	where	w	is	

the	frequency	in	rad/sec	and	m	is	a	number	between	0.5	and	1.	When	m=1	it	represents	a	

pure	capacitance	and	when	m=0.5	it	represents	a	Warburg	element.	m	is	typically	a	value	

between	0.85	to	0.98	for	an	element	corresponding	to	an	electrical	double	layer.	The	phase	

of	a	CPE	is	independent	to	the	frequency	and	has	a	value	of	-90*m.	Pajkossy	wrote	an	article	

about	the	CPE	behavior	and	proposes	that	microscopic	chemical	inhomogeneities	and	ion	

adsorption	 have	 a	 major	 contribution	 in	 this	 behavior	 [57].	 Also,	 Jorcin	 suggests	 that	

inhomogeneous	 current	 distribution,	 surface	 effects	 and	microscopic	 roughness	 play	 the	

main	role	in	the	CPE	effect	[58].		

				Experimentalists	and	theoreticians	recommend	using	a	CPE	model	for	an	electrical	double	

layer	capacitance	for	EIS	data	fitting	to	increase	the	quality	of	the	calculations.	Using	a	pure	

capacitance	simplifies	the	model	drastically	and	often	diminishes	the	accuracy	of	the	model	

[55].	

				Measured	EIS	data	and	circuit	models	in	figure	3.8	can	be	used	to	extract	the	values	of	the	

resistances	and	capacitances	associated	with	the	electrical	double	layer.	However,	there	can	

be	more	 than	one	specific	equivalent	circuit	model	 to	describe	an	electrochemical	device	

consisting	of	electrode-electrolyte	interfaces	[55].	Moreover,	“It	is	not	always	necessary	to	
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fit	the	data	to	a	model,	and	even	the	best	models	of	the	electrode-solution	interface	do	not	

perfectly	fit	data	or	else	require	so	many	fitting	parameters	as	to	be	useless”	[55].				

				In	case	of	faradaic	interfaces,	the	general	relation	between	the	potential	and	the	current	

holds	[47]:		

𝑖 = 𝑖'
��
��
∗ 𝑒𝑥𝑝

�+��
��

− ��
��
∗ 𝑒𝑥𝑝

E =E� +��
��

		 	 (3-20)	

	

where	 i0	 is	 the	 exchange	 current	 density	 affected	 by	 microstructure	 and	 operational	

conditions	such	as	operating	temperature	and	gas	composition,	α	is	the	transfer	coefficient,	

z	 is	the	number	of	electrons	transferred	by	the	corresponding	electrode	reaction,	F	 is	the	

Faraday	constant,	R	is	the	universal	gas	constant,	and	T	is	the	absolute	temperature.	

Co	=	concentration	of	oxidant	at	the	electrode	surface	

Co*	=	concentration	of	oxidant	in	the	bulk	

CR	=	concentration	of	reductant	at	the	electrode	surface	

CR*	=	concentration	of	reductant	in	the	bulk	

η	=	overpotential	(E	-	E0)	

				When	CO=CO*	and	CR=CR*,	or	when	the	concentration	of	ions	in	the	bulk	of	the	electrolyte	is	

similar	to	the	concentration	of	ions	at	the	electrode	surface,	the	equation	is	simplified	into	

Butler-Volmer	equation	[47]:	

	

𝑖 = 𝑖' 𝑒𝑥𝑝 �+��
��

− 𝑒𝑥𝑝 E =E� +��
��

	 	 (3-21)	
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When	the	system	is	at	equilibrium	and	η	or	the	over-potential,	is	not	significant,	𝑅�5	or	the	

charge	transfer	resistance	can	be	simplified	as	[47]:	

𝑅�5 =
��
k�9K

	 	 	 	 	 	 (3-22)	

				i0	 (A/m2)	 varies	 from	 1e-2	 to	 1e-13	 for	 different	 materials	 depends	 on	 the	 aqueous	

solutions	 and	 their	 concentrations.	 For	 example,	 i0	 is	 1e-3.1	 and	 1e-5.4	 in	 1M	H2SO4	 for	

platinum	and	gold,	respectively.	And	i0	for	Co3O4	nanorod	in	0.1M	K2HPO4	and	1M	KOH	is	

4.7e-9	A/cm2	and	3.62e-13,	and	for	Co3O4	bulk	in	0.1M	K2HPO4	1.25e-8,	respectively.	If	i0	

changes	the	range	of	1e-6	to	1e-9,	linearized	Rct	will	be	~2.5MΩ	to	2.5GΩ.		The	films	used	in	

this	research	are	aluminum	oxide	in	PCR	mastermix	with	~60mM	concentration.	

				Since	i0	is	not	a	well-known	parameter	and	it	varies	for	different	electrodes	and	solutions,	

the	most	common	way	to	calculate	Rct	is	to	use	EIS	measurement	and	fit	the	Nyquist	and	

Bode	plots	to	extract	the	equivalent	circuit	elements.			

				For	a	Metal-Insulator-Electrolyte-Metal	junction,	another	stage	is	added	to	the	circuits	in	

figure	3.8	to	model	the	insulator.	The	circuit	model	in	figure	3.9	is	introduced	in	this	research	

to	fit	the	impedance	data	for	the	biosensor.	𝑅23	and	Cox	model	the	insulator	layer.	In	thick	

oxide	layers,	Rox	is	infinity;	however,	since	we	are	in	tunneling	regime,	it	is	crucial	to	consider	

the	tunneling	resistance.		
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(a)	

	

(b)	

Figure	3.9-	(a)	Metal-Insulator-Electrolyte-Metal	junction	(b)	Equivalent	circuit	model	of	

the	junction	

	

				In	this	part,	the	change	in	the	equivalent	circuit	parameters	is	studied	when	fixed	charges	

are	 added	 to	 the	 surface	 of	 aluminum	 oxide.	 The	 electrolyte	 resistance	 and	 insulator	

capacitance	 are	 almost	 independent	 of	 extra	 fixed	 charges	 on	 the	 surface.	 However,	 we	

expect	 to	 see	 a	 charge	 in	 the	 charge	 transfer	 resistance,	 double	 layer	 capacitance	 and	

tunneling	resistance.			

				As	 investigated	earlier	 in	this	chapter,	by	adding	fixed	charges	on	the	oxide	surface,	𝜓'	

changes	and	since	applied	potential	 is	constant,	 the	electric	 field	across	the	 insulator	will	
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change	in	turn.	Figure	3.6	showed	a	comparison	between	two	models	when	negative	charges	

were	added	to	the	insulator	surface	while	the	potential	of	the	insulator	side	is	more	positive	

than	the	electrode	side.	Since	the	electric	 field	changes	 inside	the	 insulator,	Rox	varies	as	

well.	 Figure	 3.10	 illustrate	 the	 change	 in	 the	 tunneling	 current	 and	Rox	with	 addition	 of	

negative	charges	on	the	insulator	side.	As	shown	in	the	figure	Rox	decreases.		

	

	

Figure	3.10-	Oxide	resistance	varies	non-linearly	by	adding	charges	on	the	surface		

	

The	double	layer	capacitance	can	be	calculated	as	[53]	

	

=
���

= − �Pj�
�PK

E=
= =

������
+ − �Pj�

�Pj

E=
		 	 (3-23)	
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				This	formula	does	not	consider	charges	exist	on	the	insulator	surface	as	the	result	of	the	

adsorbs	ion	of	spurious	ion	or	charged	molecules,	𝜎'.	By	considering	𝜎',	another	capacitor	

should	be	 in	parallel	with	CDL	 .	 It	can	be	calculated	by	using	equation	3-10	 from	the	site-

binding	model.	When	𝜓8 ≪ 2𝑧𝑘𝑇/𝑞,	linear	approximation	and	equation	3-18	can	be	used.		

				Mathematica	and	Cadence	were	used	for	evaluating	the	time	response	of	an	electric	circuit	

similar	to	figure	3-9(b)	with	regular	capacitance	and	without	Warburg	impedance.	Figure	

3.10	shows	numerical	results	for	i-t	curves	and	time	constant	with	different	fixed	charges	on	

the	surface.	Table	3.2	shows	the	surface	charge	densities	used	for	the	calculations.		

	

	

	

Figure	3.11-	Current	(A)	vs	time	(s)	curves	calculated	for	different	surface	charge	densities		
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Table	3.2-	Data	for	figure	3.11		

	

	

Unit	step	response	for	a	second	order	RC	circuit	for	the	overdamped	case	is:	

𝑖 𝑡 = 𝐴𝑒E5 ¡� + 𝐵𝑒E5 ¡` 		 	 	 	 	 (3-24)	

Time	constants	for	the	equivalent	circuit	model	used	in	this	work	are		

𝜏= = 𝑅£(𝐶=||𝐶])				and			𝜏] = 𝑅](𝐶= + 𝐶])		 	 	 (3-25)	

Since	the	electrolyte	resistance,	R3,	 is	much	smaller	than	the	capacitor	values,	𝜏=	 is	 in	the	

order	of	microseconds	and	is	not	observed.	𝜏]	is	the	time	constant	shown	in	the	figure	3.11.	

It	slightly	inreases	by	adding	fixed	charges	on	the	surface.	

				In	this	calculation,	it	was	assumed	that	the	insulator	capacitance	and	electrolyte	resistace	

were	constant.	Oxide	resistance	was	measured	by	using	direct	tunneling	current	formula.	It	

is	disscussed	in	chapter	4.	Electrical	double	layer	capacitance	was	calculated	by	using	the	

method	presented	by	D.	Landheer	[53].	Moreover,	change	of	charge	transfer	resistance	was	

asuumed	to	be	negligible.		

				Measured	data	and	comparison	to	the	theoretical	calculations	is	presented	in	chapter	6.	
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Chapter	 4:	 Tunneling	 current:	 Fowler-Nordheim	 and	 direct	 tunneling	

regimes	

				In	this	chapter	two	major	mechanisms	of	electron	tunneling	through	a	thin	dielectric	layer	

is	discussed;	direct	tunneling	and	Fowler-Nordheim	tunneling.	As	the	oxide	becomes	as	thin	

as	 a	 few	 nanometers,	 quantum	 mechanical	 tunneling	 current	 across	 the	 oxide	 gets	

considerable	 and	 cannot	 be	 ignored.	 Electron	 tunneling	 is	 a	 pure	 quantum	 mechanical	

phenomenon.	In	the	case	of	a	very	thin	oxide	layer	and	in	the	presence	of	a	high	electric	field,	

direct	tunneling	and	Fowler-Nordheim	tunneling	may	occur.	Figure	4.1	illustrate	these	two	

mechanisms	in	a	Metal-Oxide-Metal	junction	[59-60].		

	

	

Figure	4.1-	Energy	band	diagram	for	direct	tunneling	and	Fowler	Nordheim	tunneling	

	

				Simmons	derived	an	analytic	solution	for	the	current	density	J	due	to	electrons	tunneling	

between	electrodes	of	identical	materials,	separated	by	a	thin	insulating	film,	of	thickness	d	

[61],	

	



49	
	

𝐽 = 	 𝐽' 𝜙	𝑒𝑥𝑝 −𝐴𝜙=/] − 𝜙 + 𝑞𝑉 	𝑒𝑥𝑝 −𝐴 𝜙 + 𝑞𝑉 =/] 		 	 (4-1)	

with	

𝐽' = 𝑞 2𝜋ℎ𝑑]	,	𝐴 = 4𝜋𝑑 ℎ 2𝑚 ]	,	𝜙 = =
8

𝜙 𝑥 𝑑𝑥8
' 		 	 (4-2)	

	

					Using	 WKB	 approximation,	 direct	 tunneling	 and	 Fowler-Nordheim	 tunneling	 current	

densities	can	be	modeled	using	the	following	equation	[65]:		

𝐽 = >ª

=«¬`ℏ®¯
𝐸23] 𝑒𝑥𝑝 − °

£
]g±

∗®¯
ª/`

ℏ>?��
𝐴 						 	 (4-3)	

In	Fowler-Nordheim	regime,	A=1	and	in	direct	tunneling,	

𝐴 = 1 − 1 − >���
®¯

£/]
	 	 	(4-4)	

	

Where	𝑞	is	electronic	charge,	𝐸	is	electric	field	across	the	oxide,	𝜙F 	is	the	energy	barrier	for	

electrons,	𝑚�
∗ 	is	the	effective	mass	of	electron	in	the	oxide,	ℏ = ℎ

2𝜋	and	ℎ	is	the	Planck’s	

constant.	

				Shuang	 Meng	 and	 his	 colleagues	 [63]	 at	 Micron	 Technology	 Inc.	 has	 studied	 leakage	

current	 through	 a	Metal-Insulator-Metal	 junction	while	 applying	 a	wide	 range	 of	 electric	

field.	They	used	Aluminum	oxide	with	various	thicknesses	as	the	insulator.	Based	on	their	

findings,	in	the	intermediate	electric	field	range	which	is	between	1.5	and	6	MV/cm	for	a	5	

nm	aluminum	oxide	film,	direct	tunneling	is	the	dominant	mechanism	and	exhibits	a	strong	

film	 thickness	 dependence.	 For	 higher	 electric	 fields	 across	 the	 junction,	 which	 is	 over	

6MV/cm	for	5nm	aluminum	oxide	film,	the	Fowler-Nordheim	mechanism	is	more	dominants	
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and	 the	 current	 becomes	 independent	 of	 the	 film	 thickness.	 Figure	 4.2	 illustrates	 their	

results.			

	

	

Figure	4.2-	Current	versus	electric	field	as	a	function	of	aluminum	oxide	thickness.	Regions	

of	direct	and	Fowler-Nordheim	tunneling	are	indicated.	The	inset	shows	d(lnJ)/dV	versus	V	

data	in	which	the	maxima	indicated	are	a	measure	of	the	insulator-metal	barrier	heights	

[63].		

	

				In	this	research,	tunneling	current	through	a	very	thin	layer	of	aluminum	oxide	is	studied.	

Aluminum	oxide	has	been	deposited	using	atomic	layer	deposition	(ALD)	tool	at	Integrated	

Nanosystems	Research	Facility	(INRF)	at	UCI.	Figure	4-3	shows	measured	and	fitted	curves	

of	tunneling	current	through	a	4nm	Al2O3	ALD	film.	The	thickness	of	the	insulator	film,	the	

effective	mass	of	an	electron	in	Al2O3	ALD,	and	the	barrier	height	of	Al/Al2O3	were	used	as	

the	parameters	in	the	curve	fitting.	Several	 identical	devices	were	studied,	and	the	curve-
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fitting	results	were	almost	identical.	By	applying	1	volt	across	the	insulator,	the	electric	field	

will	be	2.5MV/cm.	The	strength	of	the	field	indicates	that	direct	tunneling	dominates	in	the	

device;	 thus,	 the	 corresponding	 equation	 is	 used	 for	 the	 fitting.	 The	 effective	mass	 of	 an	

electron	 is	 determined	 as	0.1993me	which	 is	matching	with	 the	 literature;	~	0.2me.	This	

number	also	 indicates	 that	 aluminum	oxide	 is	more	 susceptible	 to	 tunneling	 than	 silicon	

dioxide	or	silicon	nitride	with	the	effective	mass	of	~0.5	me	[63-67].	The	thickness	of	 the	

Al2O3	ALD	was	computed	as	4.1nm.	Since	native	oxide	grows	on	aluminum	films	in	room	

temperature,	it	was	expected	that	the	oxide	layer	to	be	slightly	thicker	than	4nm.	Moreover,	

the	 thickness	 of	 the	 aluminum	 oxide	 layer	 was	 measured	 by	 an	 ellipsometer	 (UVISEL	

Spectroscopic	Phase	Modulated	Ellipsometer	(SPME)	-	Horiba)	to	confirm	the	fitting	results.	

Finally,	the	barrier	height	was	calculated	as	2.89eV.	The	error	function	for	the	fitting	is	~1e-

16.		
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Figure	4.3-	Direct	tunneling	current	through	Al2O3	ALD.	
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Figure	4.4	shows	direct	tunneling	current	for	higher	and	lower	potential	differences	across	

the	insulator.	As	illustrated,	current	increases	as	electric	field	in	the	insulator	increases.		

	

Figure	4.4-	Direct	tunneling	current	for	different	electric	field	in	the	insulator	
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Chapter	5:	Tunneling	based	biosensor	description	

5.1	Introduction	

				Rapid	amplification	and	detection	of	nucleic	acid	has	profoundly	transformed	life	science	

research	and	molecular	diagnostics	and	has	wide	range	of	applications.	Majority	of	current	

devices	for	quick	amplification	and	detection	of	DNA	molecules	require	thermal	blocks	and	

optics	sections	besides	fluorescently	 labeled	sequence-specific	probes	or	fluorescent	dyes	

for	 labeling	DNA	molecules	[25].	 In	this	research,	all	 these	obstacles	have	been	overcome	

and	 a	 novel	 technology	 combining	 non-thermal	 DNA	 amplification	 (vc-PCR)	 and	 direct	

tunneling	through	a	Metal-Insulator-Electrolyte	junction	is	introduced.	A	few	designs	have	

been	 studied	 in	 this	 work.	 First,	 to	 examine	 the	 feasibility	 of	 the	 technique,	 a	 set	 of	

commercially	 fabricated	 interdigital	 electrodes	 were	 studied;	 Mouser	 electronics	 with	

product	 number	 725-RO3101A-11.	 This	 product	 is	 a	 packed	 resonator	 consisting	 of	

Aluminum	interdigitated	electrodes	with	 the	distance	of	a	 few	hundred	microns	between	

each	 leg.	After	uncapping	 the	 resonator,	 it	was	 treated	with	UV-ozone	 for	a	 few	hours	 in	

order	to	thicken	aluminum	oxide	layer	on	top	of	the	electrodes.	Then,	single	stranded	DNA	

primers	were	covalently	attached	to	the	aluminum	oxide	layer.	By	performing	vc-PCR	while	

the	 electrodes	 were	 submerged	 in	 the	 solution	 containing	 the	 target	 molecules,	 a	

considerable	change	in	the	current	was	observed.	Not	a	significant	change	was	detected	with	

the	 negative	 control	 solutions.	 Based	 on	 these	 initial	 experiments,	 three	 devices	 were	

designed,	 fabricated	 and	 tested.	 In	 this	 chapter,	 the	 designs,	 preparation	 process	 and	

measurement	set	up	will	be	discussed	in	detail.	Results	and	discussion	will	be	reviewed	in	

the	next	chapter.	
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Moreover,	 this	 technology	 is	 capable	 of	 detecting	 any	 charge	 attachment	 on	 the	 surface	

hence	 expanding	 applications	 to	 detect	 other	 biomolecules	 such	 as	 proteins	 employing	

antibody-protein	pairs.		

	

5.2	Device	fabrication	

Figure	5.1	(a)	portrays	a	device	used	in	this	study.	A	commercial	4-inch	silicon	wafer	is	used	

as	the	substrate.	To	eliminate	electric	circuit	shortage,	a	layer	of	1000Å	oxide	is	grown	on	

the	silicon	wafer	in	a	dry	oxidation	tube.	Then,	photolithography	step	is	done	using	Shipley	

1827	 positive	 photoresist.	 Next,	 aluminum	 electrodes	 are	 deposited	 using	 e-beam	

evaporator	tool.	The	width	of	each	electrode	is	500um.	Finally,	40Å	aluminum	oxide	layer	is	

deposited	by	Atomic	Layer	Deposition	(ALD)	process.	The	size	of	device	is	9mm×11mm.	All	

the	 fabrication	 processes	 are	 performed	 at	 Integrated	 Nanosystems	 Research	 Facility	

(INRF),	except	e-beam	evaporation	which	is	done	at	UC	Irvine	Materials	Research	Institute	

(IMRI)	at	UCI.	

  

(a)                                                                        (b) 

Figure	5.1-	Three-electrode	device	used	for	the	experiments	in	this	research	(a)	fabricated	

device	(b)	schematic	cross	section	view	of	the	device.	

Silicon 

Silicon	Dioxide 

Al 
Al2O3 

11mm 
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				Each	 of	 the	 electrodes	 are	 used	 as	 working	 electrodes	 independently.	 The	 counter	

electrode	is	an	aluminum	wire	with	the	diameter	of	250um	inserted	inside	the	microfluidics	

channel	while	running	the	experiments.	Two	additional	devices,	not	shown	here	were	also	

fabricated	and	tested.	However,	the	experiments	were	not	successful.	In	these	devices,	gold	

or	platinum	was	used	as	the	counter	electrode	and	the	work	function	of	these	metals	are	

~1eV	higher	than	aluminum	(~4eV).	Thus,	electrochemical	reactions	between	counter	and	

working	 electrodes	 in	 the	 solution	 prevented	 further	 experiments	 and	 reliable	 DNA	

detection.		

				Unwanted	electrochemical	activities	 led	us	 to	use	aluminum	as	 the	second	electrode	as	

shown	in	the	device	of	figure	5.2.		This	integrates	a	heater	as	a	part	of	the	device.	The	heater’s	

resistance	is	designed	to	be	100ohm.	Furthermore,	in	figure	5.2,	second	electrode	is	covered	

with	 photoresist	 to	 prevent	DNA	 attachment.	 It	will	 be	 removed	 after	 surface	 chemistry	

process	with	acetone.	Acetone	does	not	affect	DNA	attachment	to	the	solid	surface.	The	size	

of	the	device	is	11mm×24mm	and	it	is	currently	being	tested.	

	

	

Figure	5.2-	Three-electrode	device	with	embedded	aluminum	heater	
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5.3	Device	Preparation	and	Surface	Modification:	

				As	discussed	earlier,	for	vcPCR,	DNA	primers	are	covalently	attached	on	the	solid	surface	

which	 is	 the	 atomic	 layer	deposited	Al2O3	 in	 this	work.	 First,	 the	device	 is	washed	by	 a	

solvent	clean,	followed	by	a	deionized	water	(DI)	rinse.	Then	the	oxide	surface	is	activated	

either	 by	 60	 min	 UV-Ozone	 or	 a	 few	 minutes	 O2	 plasma	 treatment.	 Right	 after	 surface	

activation,	the	device	is	incubated	in	a	5%	v/v	APTES	in	100%	ethanol	for	at	least	3	hours	at	

room	 temperature,	 followed	 by	 backing	 at	 120	 degreeC	 for	 15	minutes	 on	 hotplate.	 For	

APTES,	99%	(3-Aminopropyl)	triethoxysilane	from	Sigma	Aldrich	is	used	in	this	research.	

Next,	the	device	is	 incubated	in	10mM	biotin	linker	in	1×PBS	for	45	minutes,	 followed	by	

incubation	 in	 100ug/ml	 streptavidin	 in	 1×PBS	 for	 75	 minutes	 at	 room	 temperature.	 In	

between	each	step	the	device	is	incubated	in	1×PBS	for	two	minutes,	three	times.	EZ-Link	

NHS-PEG4-Biotin	 and	 Streptavidin	 from	 ThermoFisher	 Scientific	 are	 used	 in	 this	 work.	

Finally,	the	device	is	incubated	in	5uM	biotinylated	DNA	primer	solution	in	1×PBS	overnight	

at	4	degreeC	or	a	few	hours	at	room	temperature.	To	verify	surface	modification,	a	sample	

device	is	chosen	for	attachment	of	dye	labeled	DNA	primers	and	is	checked	with	fluorescence	

setup	 when	 the	 process	 is	 completed.	 Figure	 5.3	 shows	 interdigitated	 electrodes	 after	

surface	modification	with	dye	labeled	DNA	primers.	
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Figure	5.3-	Interdigitated	electrodes	after	surface	modification	with	dye	labeled	DNA	

primers.	
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5.4	Measurement	setup:	

				PDMS	 fluidics	 channels	 were	 mounted	 on	 top	 of	 the	 DNA-functionalized	 aluminum	

electrodes	 using	 UV-glue.	 As	 shown	 in	 figure	 5.4,	 each	 device	 has	 either	 three	 or	 six	

independent	 active	 areas,	 three	per	 channel.	 The	width	 of	 the	 channels	 is	 1.75mm.	Each	

channel	 contains	 ~10ul	 solution.	 Aluminum	 electrodes	 are	 working	 electrode	 while	 the	

aluminum	wires	inserted	in	the	solution	and	stabilized	by	UV-glue	are	counter	electrodes.		

		

	

Figure	5.4-	Single	(right)	or	double	(left)	PDMS	channels	

	

Figure	5.5	illustrates	the	3D	printed	holder	used	for	measurement.	Furthermore,	a	Keithley	

source	meter,	model	6517A	in	voltage	mode	was	used	to	measure	the	tunneling	current	as	

demonstrated	in	figure	5.7.	Finally,	to	validate	the	results,	several	devices	were	measured	
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with	 an	 Electrochemical	 Impedance	 Spectroscopy	 (EIS)	 instrument.	 More	 details	 are	

presented	in	the	following	chapter.	

	

	

	

Figure	5.5-	3D	printed	device	holder		
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Figure	5.6-	Measurement	setup	 	
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Chapter	6:	Results	and	Discussion	

6.1	Introduction	

				The	method	introduced	in	this	work	monitors	any	changes	in	the	tunneling	current	when	

a	 voltage	 applied	 between	 working	 and	 counter	 electrodes.	 When	 complimentary	 DNA	

sequences	 in	 the	 sample	 solution	 hybridize	 with	 the	 single	 stranded	 DNA	 primers	

immobilized	 on	 the	 insulator	 surface,	 charge	 distribution	 is	 perturbed	 at	 the	 insulator-

electrolyte	surface	due	to	negatively	charged	phosphate	group	in	DNA	nucleotides.	In	this	

chapter,	 first,	 data	measured	 by	 a	Gamry	Electrochemical	 Impedance	 Spectroscopy	 (EIS)	

instrument	 at	 Photo-(Electro/Iono)-Chemical	 Energy	Conversion	&	 Storage	 Lab	 at	UCI	 is	

presented	and	analyzed.	Second,	tunneling	current	measured	by	a	Keithley	6517A	with	the	

resolution	of	100fA,	before	and	after	hybridization	for	various	concentrations	of	DNA	target	

solution	 is	 discussed.	 	 Finally,	 tunneling	 current	 measured	 in	 each	 cycles	 of	 vc-PCR	 is	

presented.			

	

6.2	Electrochemical	Impedance	Spectroscopy	(EIS)	data	

				While	 studying	 the	 data	 measured	 using	 the	 modified	 resonators	 with	 interdigitated	

electrodes,	a	resealable	and	repeatable	trend	was	observed;	thus,	the	new	device	shown	in	

figure	5.1	was	designed	and	fabricated.	To	validate	our	results,	we	performed	broad	sets	of	

measurements	 with	 the	 Keithley	 source	meter.	 The	 chips	 were	 also	 tested	 by	 a	 precise	

Gamry	tool	for	EIS	measurements.	The	two-electrode	setup	was	used	in	all	our	experiments	

because	the	counter	electrode	potential	does	not	drift	over	 the	course	of	 the	experiment.	

This	is	generally	true	in	systems	which	exhibit	very	low	currents.		
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Figures	6.1	and	6.2	show	EIS	data	from	a	device	before	and	after	DNA	hybridization.	The	

device	was	functionalized	with	single	stranded	DNA	primers	and	was	first	measured	in	the	

mastermix	solution	and	then	after	performing	50	cycles	of	vc-PCR.	Solid	lines	are	measured	

data	while	the	dots	are	the	fitted	curves.		

	
Figure	6.1-	Bode	plots	of	a	device	before	and	after	DNA	hybridization	
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Figure	6.2-	Nyquist	plot	of	a	device	before	and	after	DNA	hybridization	
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				The	EC-Lab	 software	was	used	 for	measurements	 and	data	 analysis.	Χ] 𝑍 	 factor	was	

smaller	than	0.02	in	the	fittings.	The	equivalent	circuit	used	to	model	the	Metal-Insulator-

Electrolyte	junction	is	shown	in	figure	6.3.		

	

Figure	6.3-	Equivalent	circuit	model	of	the	Metal-Insulator-Electrolyte	junction	used	for	EIS	

data	analysis	

	

Q1	and	Q2	are	CPEs,	explained	in	chapter	3,	and	model	oxide	and	double	layer	capacitance,	

respectively.	 R1,	 R2	 and	 R4	 model	 oxide,	 charge	 transfer	 and	 electrolyte	 resistors	

respectively.	W1	models	the	Walberg	impedance	which	was	explained	in	chapter	3.	Thus,	

the	circuit	parameters	are:	

Before	DNA	hybridization:	

𝐶23 = 23.59	𝑛𝐹,	𝑅23 = 56.44	𝑀𝛺	

𝐶8x = 108.7	𝑛𝐹,	𝑅�5 = 1.096	𝑀𝛺	

𝑅6x = 417.2	𝛺	

	

After	vc-PCR	and	DNA	hybridization:		

𝐶23 = 24.35	𝑛𝐹,	𝑅23 = 34.9	𝑀𝛺	

𝐶8x = 165.09	𝑛𝐹,	𝑅�5 = 0.845	𝑀𝛺	

𝑅6x = 570	𝛺	
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				As	seen	in	the	measured	data,	the	insulator	capacitance	is	almost	constant.	There	is	a	3%	

error	between	measured	oxide	capacitance	before	and	after	cycling.	Capacitance	of	a	parallel	

plate	capacitor	with	the	distance	of	40Å,	dielectric	constant	of	9.9	as	in	pure	aluminum	oxide,	

and	area	of	0.5mm*1.75mm=0.875	mm2	is		

𝐶23 = 𝜀 D
8
= 19.17	𝑛𝐹							

The	difference	between	calculation	and	measurement	can	be	because	of	larger	PDMS	fluidic	

channel	(active	area)	or	thinner	oxide	layer	or	higher	dielectric	constant	or	a	combination.		

				The	insulator	tunneling	resistance	as	expected	(and	explained	in	chapter	3)	has	decreased.	

The	trend	is	consistent	with	the	data	measured	by	the	Keithley	source	meter	presented	in	

the	following	section.	The	decrease	in	tunneling	resistance	of	this	device	by	a	factor	of	1.62	

is	 evidence	 of	 an	 increased	 electric	 field	 across	 the	 oxide	 after	 cycling	 as	more	 negative	

charges	are	accumulated	on	the	insulator	surface.		

				Double	 layer	 capacitance	 slightly	 increased	 due	 to	 DNA	 hybridization	 on	 the	 surface;	

however,	the	charge	transfer	resistance	decreased	almost	by	the	same	rate.	Thus,	as	we	will	

see	in	the	next	section,	not	a	significant	change	was	measured	in	the	time	constant.	The	time	

constants	based	on	measured	 circuit	 parameters	before	 and	after	DNA	hybridization	 are	

0.145s	 and	 0.160s,	 respectively.	 The	 time	 constant	 is	 calculated	 from	 product	 of	 charge	

transfer	 resistor	 and	 sum	of	 oxide	 and	 double	 layer	 capacitance.	 There	 is	 a	 second	 time	

constant	that	is	the	product	of	electrolyte	resistor	and	the	series	combination	of	the	oxide	

and	double	layer	capacitance	and	is	too	small	to	be	detected.		

	

				As	mentioned	 in	 chapter	 3,	 the	 total	 double	 layer	 capacitor	 can	 be	written	 as	 a	 series	

combination	of	stern	layer	and	diffuse	layer	capacitors.	As	calculated	in	chapter	3,	diffuse	
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layer	 capacitance	with	 relative	permittivity	 of	 80,	 and	Debye	 length	of	 1.13nm	 is	 476nF.	

Stern	layer	capacitance	is	not	constant	in	the	electrolyte	and	depends	on	factors	including	

ionic	 strength	 and	 dielectric	 constant	 of	 the	 electrolyte.	 Based	 on	 measured	 data	 from	

impedance	spectroscopy,	Stern	capacitance	of	our	device	is:	

𝐶º567+ =
1

1
𝐶8x −

1
𝑑𝑖𝑓𝑓

=
1

1
108.7𝑛𝐹 −

1
476𝑛𝐹

= 140𝑛𝐹	

Since	active	area	is	0.875mm2,	Stern	capacitance	per	unit	area	is	160nF/mm2	or	16uF/cm2.	

The	typical	value	used	by	scientists	for	stern	capacitance	is	20uF/cm2.	

	

6.3	different	sample	concentration	tunneling	measurements		

				Impedance	spectroscopy	gave	us	valuable	quantitative	information	about	each	parameter	

of	the	junction	and	device	and	confirmed	the	theory	discussed	earlier	in	this	thesis.	As	noted,	

the	largest	change	in	the	circuit	parameters	due	to	DNA	hybridization	was	in	the	tunneling	

current	 resistance	which	 is	 a	 nonlinear	 parameter.	 Exponential	 dependency	 of	 the	 oxide	

tunneling	current	to	the	potential	across	it	has	abled	us	to	detect	very	small	alterations	in	

the	potential	 caused	by	variations	 in	 the	 charge	accumulated	on	 the	oxide	 surface	at	 the	

insulator-electrolyte	interface.	It	is	worth	mentioning	that	most	of	the	tested	devices	showed	

a	factor	of	two	change	in	resistance	after	hybridization.	However,	in	the	devices	measured	

by	EIS,	the	change	was	a	factor	of	1.62.	This	device	was	tested	with	both	in	mastermix	and	

target	solutions	and	was	transferred	between	two	buildings	a	few	times	to	take	vc-PCR	and	

EIS	measurement	and	there	were	some	delays	in	between	the	measurements.	

				Thus,	we	focused	on	studying	the	change	in	the	tunneling	current	measured	by	a	Keithley	

source	meter	with	precision	of	100fA.	Figure	6.3	and	6.4	illustrate	tunneling	current	versus	



68	
	

time	and	voltage	for	different	target	solutions.	The	data	was	taken	from	one	single	device	

while	 the	 solutions	were	pipetted	 into	 the	PDMS	 fluidic	 chamber	 from	 the	 lowest	 to	 the	

highest	concentration	and	washed	away	by	the	1XPBS	buffer	between	each	test.	As	shown	in	

the	graphs,	the	change	is	detectable	for	solutions	with	concentration	as	small	as	0.01	femto	

molar	 containing	 only	 tens	 of	 molecules.	 16	 percent	 change	 is	 seen	 for	 this	 solution	

compared	 to	 a	 mastermix	 solution.	 The	 device	 saturates	 with	 a	 few	 femtomolar	

concentrations,	 containing	 tens	of	 thousands	of	DNA	molecules	and	shows	 the	maximum	

change,	a	factor	of	~2.5	for	this	device.	Positive	voltage	was	connected	to	the	insulator	side	

of	the	junction	and	1V	is	used	for	all	the	current	vs	time	measurements.		
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Figure	6.4-	Tunneling	current	(A)	vs	voltage	(V)	curves	of	one	single	electrode	for	different	

target	solutions	
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Figure	6.5-	Time	constant	(Tunneling	current	(A)	vs	time	(s))	curves	of	one	single	electrode	

for	different	target	solutions	
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				Finally,	calibration	curves	were	extracted	from	iv	and	it	plots	and	are	shown	in	Figures	6.6	

and	6.7.		

	

	

Figure	6.6	Calibration	curve	based	on	different	concentration	at	1volt	extracted	from	figure	

6.4	

	

	

	

Figure	6.7	Calibration	curve	based	on	different	concentration	solutions	at	1	volt	extracted	

from	figure	6.5	

	

Current	(A)	

Current	(A)	
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				Finally,	 comparison	 between	 time	 constant	 calculated	 based	 on	 EIS	 and	 Keithley	

measurement	is	presented.	Figure	6.8	shows	current	versus	time	for	the	same	chip	tested	

for	EIS	measurement.	Matlab	fitting	application	was	used	and	time	constant	of	0.17s	with	the	

largest	R-squared	of	0.99	was	extracted.	The	time	constant	calculated	based	on	the	values	of	

the	capacitors	and	resistors	from	the	EIS	data	as	mentioned	in	the	previous	section	is	0.16	

seconds.		

	

Figure	6.8-	Current(A)	vs	time	(s)	

	

6.4	vc-PCR	tunneling	measurements	and	analysis	

In	 this	 section,	 the	 data	 measured	 from	 coupling	 of	 vc-PCR	 with	 the	 charge	 sensor	 is	

presented.	In	these	tests	positive	potential	is	applied	to	the	insulator	side	except	in	the	final	

graph.		Figure	6.9	shows	cycling	curves	of	negative	and	positive	PCR	targets.		All	three	tests	

were	done	on	one	single	electrode.	As	illustrated	in	the	graph,	for	mastermix	solution	and	

non-complimentary	 solution,	 only	 a	 small	 increase	 is	 observed	 in	 the	 tunneling	 current	

during	electric	cycling.	On	the	other	hand	for	the	targets,	the	current	changes	from	15nA	to	

28nA			during	75	cycles.		
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Figure	6.9-	Tunneling	current	(A)	vs	cycle	number	for	Complementary,	Non-

Complementary	and	Mastemix	Solutions	on	one	electrode	

	

Figure	6.10	shows	cycling	curves	for	different	target	molecules.	As	it	is	apparent	in	the	figure,	

the	amplification	rate	is	larger	for	higher	concentrations	and	there	is	almost	no	change	for	

the	mastermix	solution.		

The	current	curves	do	not	start	at	the	same	point	at	the	fist	cycle.	The	reason	can	be	due	to	

the	number	of	 floating	negatively	charged	DNA	target	molecules.	Since	positive	voltage	 is	

applied	to	the	electrode	close	to	the	insulator	or	the	working	electrode	while	reading	the	

current,	floating	negatively	charged	species	get	attracted	to	the	insulator	surface.	The	only	

difference	 between	 different	 solutions	 is	 the	 number	 of	 target	molecules;	 thus,	 they	 can	

accumulate	close	to	the	oxide	surface,	slightly	contributing	in	potential	change	across	the	
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insulator	when	positive	voltage	is	applied	to	the	working	electrode.	However,	they	do	not	

have	a	significant	effect	in	the	amplification	process.	

The	amplification	curves	are	expected	to	reach	the	same	value	after	complete	saturation.	As	

there	is	a	larger	slope	in	the	curves	with	lower	target	molecules,	it	is	expected	that	the	curves	

would	 approach	 each	 other	 if	 the	 cycling	 were	 continued.	 However,	 since	 there	 are	

numerous	 floating	 target	 molecules	 at	 higher	 concentrated	 solutions	 contributing	 to	 a	

constant	 shift	 in	 the	current,	 as	noted	earlier,	 there	 is	going	 to	be	a	difference	 in	 the	 full	

saturation	current	similar	to	the	amount	at	the	first	cycle.		

				It	is	worth	mentioning	that	10^10	target	molecules	are	equal	or	more	than	immobilized	

DNA	 primers	 on	 the	 surface	 of	 the	 insulator	 (they	 are	 equal	 when	 primer	 density	 is	

10^12/cm2	and	active	area	is	1mm2);	however,	as	widely	discussed	in	literature,	efficiency	

in	solid	PCR	is	much	less	than	in	liquid	PCR	and	not	all	the	DNA	target	molecules	can	reach	

the	solid	surface	to	hybridize.	Thus,	it	will	take	a	few	cycles	until	the	target	molecules	bind	

to	the	fixed	complementary	primers	and	the	current	saturates.		
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Figure	6.10-	Tunneling	current	(A)	vs	cycle	number	for	target	solutions	with	different	

concentrations	

	

				Figure	6.11	shows	data	from	four	different	chips	where	we	tested	bridge	amplification	for	

two	different	DNA	sequences.	For	solutions	with	the	same	target	molecule	concentration,	a	

slight	 difference	 in	 the	 maximum	 current	 for	 each	 device	 was	 observed.	 This	 can	 be	

attributed	to	several	factors	such	as	different	active	areas	from	device	to	devices	as	PDMS	

chambers	were	placed	by	hand	and	to	different	surface	primer	densities	as	the	procedures	

were	done	on	different	days.		
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Figure	6.11-	Tunneling	current	vs	cycling	number	curves	for	bridge	amplification	of	Gap-

DH	and	HSV2	DNA	sequences	

	

				For	 commercialization	purposes,	 perseverance	 of	 the	 chips	 plays	 a	 crucial	 importance.	

Figure	6.12	shows	data	of	a	device	which	was	functionalized	and	kept	under	ethanol	for	over	

two	months.	The	amplification	was	75%	 for	50	 cycles,	 comparable	 to	 freshly	derivatized	

devices.		
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Figure	6.12-	Tunneling	current	vs	cycling	number	curves	of	a	chip	kept	under	ethanol	for	

two	months	

	

				The	tunneling	current	was	also	recorded	for	negative	voltages	during	cycling.	As	shown	in	

figure	6.13,	the	current	decreases	by	cycling	in	contrast	to	the	current	for	positive	cycles.	

This	trend	is	expected	as	explained	in	chapter	3	and	4.	When	a	negative	voltage	is	applied	to	

the	working	electrode	with	respect	to	the	counter	electrode,	attachment	of	negative	charges	

on	 the	 insulator	 surface	 reduces	 the	 electric	 field	 strength	 inside	 the	 insulator	 and	

subsequently	decreases	the	current.	Moreover,	because	of	the	immobilized	negative	charges	

on	the	insulator	surface	the	current	is	expected	to	be	smaller	at	negative	bias.		
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Figure	6.13-	Tunneling	current(A)	vs	cycling	number	in	negative	bias	

	

	

				As	mentioned	 in	 chapter	2,	 vc-PCR	performs	 target	molecule	 amplification	 in	 the	 solid	

phase.	The	amplification	formula	in	a	PCR	experiment	is	[15]	

𝑄5 = 𝑄'(1 + 𝛼)+				 	 (6-1)	

where	Q0	is	the	initial	amount	of	DNA	target	molecules	α	is	the	PCR	efficiency,	n	is	the	number	

of	cycles	to	produce	the	total	amount	of	target	molecules,	Qt	.	The	effect	of	increasing	charge	

density	on	the	solid	surface	due	to	hybridization	of	DNA	target	molecules	is	shown	in	figure	

6.14.		A	few	cycles	at	the	beginning	of	the	graphs	are	discarded.	The	graph	in	red	illustrates	

the	 results	 from	 a	 sample	 solution	with	~10^10	 target	molecules	 and	 the	 graph	 in	 blue	

shows	results	from	a	sample	solution	containing	~10^5	target	molecules.	Total	additional	

charges	and	number	of	target	molecules	on	the	surface	are	35nC	and	1.5*10^9,	respectively.	

Thus,	 the	 initial	 primer	 density	 on	 the	 insulator	 surface	 can	 be	 determined	 as	
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1.8*10^11/cm2.	We	had	previously	calculated	surface	primer	density	using	a	thermal	cycler	

and	the	calculations	were	in	the	range	of	10^11	-	10^12	per	centimeter	square.			

	

	

Figure	6.14-	Additional	Surface	Charge	density	(C)	vs	Cycle	Number	for	solutions	with	

different	target	molecules	

	

				As	expected,	amplification	efficiency	in	solid	phase	PCR	is	much	smaller	than	liquid	phase.	

Palanisamy	 and	 his	 colleagues	 studied	 solid	 phase	 PCR	 and	 their	 reported	 efficiency	 is	

approximately	9%	[15].	To	measure	vc-PCR	amplification	efficiency,	α,	curve	fitting	was	used	

for	a	few	first	cycles	when	the	curves	follow	an	exponential	behavior	and	are	not	close	to	

saturation.	Figure	6.15	shows	measured	and	fitted	curves	for	two	different	solutions.	α	 is	

0.11	and	0.16	for	solutions	containing	10^5	and	10^10	target	molecules,	respectively.		
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Figure	6.15-	Additional	Surface	Charge	vs	Cycle	Number	for	solutions	with	different	target	

molecules	with	fitted	curves	

	

6.5	Conclusion	and	Future	Work	

				In	this	work,	we	developed	a	precise	biosensor	capable	of	detecting	complimentary	DNA	

molecules	in	solutions	with	lower	than	femto	molar	concentrations.	The	basis	of	the	sensor	

was	a	Metal-Insulator-Electrolyte-Metal	junction.	Since	the	oxide	layer	was	extremely	thin,	

the	sensor	performed	in	the	direct	tunneling	regime.	Thus,	due	to	the	log-linear	relationship	

of	current	and	voltage	across	the	oxide,	the	device	became	extremely	sensitive	to	any	electric	

field	 variations	 within	 the	 insulator.	 The	 oxide	 surface	 was	 functionalized	 with	 single	

stranded	 DNA	 primers.	 Hybridization	 of	 complimentary	 DNA	 target	 molecules	 with	 the	
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immobilized	 primers,	 made	 charge	 variations	 which	 could	 be	 detected	 by	 the	 tunneling	

current	 in	 concentrations	 as	 low	 as	 one	 tenth	 of	 femto-molar.	 Finally,	 we	 leveraged	

practicality	of	vcPCR	with	tunneling	current	to	create	a	device	that	can	amplify	and	detect	

DNA	simultaneously.	This	technology	can	detect	any	charge	attachment	on	the	surface	hence	

expanding	 its	 applications	 to	 detect	 other	 biomolecules	 such	 as	 proteins	 employing	

antibody-protein	pairs.	Finally,	it	can	lead	to	a	precise	POC	diagnostic	kit	available	for	Cell-

Phone	based	devices	in	the	future.	 	
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