
Review

Control of interface functions in solid-state biosensors
for stable detection of molecular recognition

By Miyuki TABATA*1 and Yuji MIYAHARA*2,†

(Edited by Shigekazu NAGATA, M.J.A.)

Abstract: Significant progress has been achieved in the field of solid-state biosensors over
the past 50 years. Various sensing devices with high-density integration and flexible configuration,
as well as new applications for clinical diagnosis and healthcare, have been developed using blood,
serum, and other body fluids such as sweat, tears, and saliva. A high-density array of ion-sensitive
field effect transistors was developed by exploiting the advantages of advanced semiconductor
technologies and commercialized in combination with an enzymatic primer extension reaction as a
DNA sequencer in 2011. Different types of materials such as inorganic materials, metals, polymers,
and biomolecules are mixed together on the surface of the gate while maintaining their own
functions; therefore, compatibility among different materials has to be optimized so that the best
detection performance of solid-state biosensors, including stability and reliability, is achieved as
designed. Solid-state biosensors are suitable for the rapid, cost-effective, and noninvasive
identification of biomarkers at various timepoints over the course of a disease.
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1. Introduction

Outstanding, rapid advances have been made in
the field of microelectronics during the past 70 years.
Highly reliable and functional chips can now be easily
fabricated using a precisely controlled production
process. Inexpensive microcomputers with high per-
formance are now available, providing us with access
to an abundance of various kinds of information.

While a metal-oxide-semiconductor field effect
transistor (MOSFET) is one of the most fundamental
devices in large-scale integrated circuits, a field effect
transistor (FET) without a metal gate electrode
was reported to be used in a physiological aqueous
solution and the drain current was found to be
sensitive to the sodium ion concentration in 1970.1)

This device was named an ion-sensitive field effect
transistor (ISFET).
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Mechanical devices with three-dimensional
structures were fabricated using the silicon etching
technique to realize a miniaturized gas chromato-
graph system,2) a glucose sensor,3) and a liquid
chromatograph system.4) After these early studies,
various types of solid-state biosensors have been
developed using semiconductor technologies in com-
bination with specific molecular recognition using
enzymes, antibodies, nucleic acids, and cells.

Since the Human Genome Project started in
1990, new methods and devices for processing a large
amount of biological information, such as DNA chips,
microarrays, and bioinformatics, have been devel-
oped. Photolithography has been used to fabricate
high-density DNA chips for gene expression analy-
sis.5) In 2011, massive parallel DNA sequencing
was developed and commercialized based on a high-
density transistor-array chip for a cost-effective,
faster, and simpler genome analysis system.6) The
reductions in cost and time required for DNA
sequencing have had a major impact on clinical
research and medicine for realizing personalized
therapeutic strategies.

The major advantages of using semiconductor
technology to fabricate sensing devices are miniatur-
ization of the device and integration of multiple
sensing elements and signal processing circuits in
a single chip. It is therefore possible to obtain
information from a single cell and to access a single
molecule by designing an appropriate structure and
geometry of the sensing devices. It is also possible
to detect multiple analytes in a parallel way using a
high-density array of sensing devices.

Various types of solid-state biosensors using
ISFETs have been reported in combination with
biomolecular recognition reactions.7),8) In these bio-
sensors, biomolecular recognition reactions have been
designed and performed on carriers such as mem-

branes, beads, or cells on the gate of the ISFET.
Because different types of materials such as inorganic
materials, metals, polymers, and biomolecules are
formed and integrated on the surface of the gate,
compatibility among different materials has to be
taken into consideration from the perspectives of
rational mechanism and the principle of operation
as potentiometric biosensors. The development of
diverse solid-state biosensors has been achieved over
the past few decades, and several review papers have
been published in the fields of ion sensors,9) elec-
trochemical sensors,10),11) biosensors,12),13) and wear-
able sensors.14),15) In this review, we focus on the
progress of solid-state potentiometric biosensors
and mainly discuss the design of the materials and
chemical modification on the gate surface of ISFETs
for achieving stable signal transduction.

2. Design of the interface between solid-state
materials and ion-selective

polymeric membranes

2.1. Solid-state ion sensor. Metal oxides or
silicon nitride is usually formed on the surface of
the gate area of an ISFET as a proton-selective
membrane, while metals are usually used for a coated
wire electrode (CWE) and an extended-gate FET
(EGFET). To fabricate solid-state ion sensors for
the detection of a variety of ions, ion-selective
polymeric membranes are usually formed on the
surface of metal oxides of ISFETs or the metals of
CWEs and EGFETs, while an internal electrolyte
solution is placed in contact with an ion-selective
membrane for the conventional ion-selective elec-
trode (ISE), as illustrated in Fig. 1. The signal line of
an ISE is connected to a gate of a MOSFET of an
input circuit in an operational amplifier. In the case
of a CWE, an ion-selective membrane is directly
formed on the surface of a metal electrode (a wire or

Fig. 1. Device configuration of ion sensors using an ion-selective polymeric membrane. (a) ISE. (b) Coated wire electrode (CWE).
(c) Extended-gate FET. (d) ISFET.
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a substrate) without an internal electrolyte solution.
The signal line of a CWE is connected to a gate of a
MOSFET. A metal electrode and a signal line are
fabricated on the same chip as a MOSFET in the case
of EGFET and an ion-selective membrane is formed
at the end of the extended-gate metal electrode. In
the case of ISFET reported earlier, an ion-selective
polymeric membrane is directly formed on the surface
of a pH-sensitive material such as Si3N4, Al2O3, or
Ta2O5 without any metal electrode. The major
difference between a conventional ISE and solid-state
ion sensors is that one of the surfaces of the ion-
selective membrane is in direct contact with solid
materials in solid-state ion sensors, while both
surfaces of the ion-selective membrane are in contact
with an aqueous electrolyte solution in an ISE.

A solid-state ion sensor with an ion-selective
polymeric membrane was first reported in the form of
CWE in 1971,16) and an ISFET with an ion-selective
polymeric membrane directly coated on the gate
insulator was reported in 1975.17) Since then, various
types of solid-state ion sensors with different ion-
selective membranes have been reported. Although
the fundamental characteristics of the early solid-
state ion sensors, such as slope sensitivity and
selectivity, were similar to those of conventional
ISEs, commonly observed phenomena in the solid-
state ion sensors were a shift and drift of the
electromotive force (EMF).18)–23) Several mechanisms
such as leaching of ionophores from the ion-selective
membrane, water uptake in the ion-selective mem-
brane, and a redox reaction at the internal metal
electrode were considered to explain the EMF
behaviors of solid-state ion sensors.24),25) In the case
of ISFETs, formation of a thin water layer at the
interface between an ion-selective polymeric mem-
brane and the gate insulator of an ISFET was
experimentally confirmed.26) Carbon dioxide in the
air was considered to penetrate the ion-selective
polymeric membrane and change the pH in the thin
water layer at the interface. This would considerably
affect the response behavior of the ISFET. Mean-
while, one of the reasons suggested was the lack of
thermodynamic equilibrium between the ion-selective
membrane and the solid material.27) To make a
system similar to a conventional ISE, hydrophilic
intermediate layers such as hydrated polyvinyl
alcohol,27) dextran,21) and poly(hydroxylethyl meta-
crylate)28) were proposed to be introduced between
the ion-selective membrane and a solid material,
because all interfaces were thermodynamically de-
fined in the ISE.29) In many cases, the interface

between an ion-selective membrane and a solid
material was a point of discussion and would play
an important role in understanding the EMF behav-
ior of solid-state ion sensors.

2.2. EMF behaviors of solid-state ion sensors.
Figure 2 shows a schematic cross section of a solid-
state ion sensor with and without a thin water layer.
A thin water layer is formed at the interface between
the ion-selective polymeric membrane and a solid
material, and is regarded as an additional internal
layer.30) Therefore, two additional interfaces are
generated in the system, that is, the interface
between the ion-selective polymeric membrane and
the thin water layer, and the one between the thin
water layer and the solid material. Both interfaces of
the thin water layer should be investigated in order
to understand the EMF behavior and instability
mechanism of solid-state ion sensors. First, the EMF
behaviors of ISFETs with a potassium-ion-selective
membrane were compared with those of ISEs with an
internal electrolyte solution.22) Materials and compo-
sitions of the ion-selective membranes used in the
experiments are listed in Table 1. Membrane compo-
nents, including matrix, plasticizer, and ligand, were
homogeneously mixed in a tetrahydrofuran (THF)
solution. We used valinomycin as a ligand, polyvinyl
chloride (PVC) or vinyl chloride-vinyl alcohol
copolymer (OH-PVC) as a matrix, and bis-(2-ethyl-
hexyl)sebacate (DOS), tri-(2-ethylhexyl)trimellitate
(TOTM), or 3,3,4,4-benzhydroltetracarboxylate
(ETH2112) as a plasticizer. Fabrication methods

Fig. 2. Schematic of the cross section of a solid-state ion sensor
with or without a water layer. (a) Without a thin water layer.
(b) With a thin water layer at a solid contact.
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of the ion-selective membranes for ISEs and ISFETs
were described elsewhere in detail.22)

The slopes, selectivity factors, drifts, and hys-
teresis of ISFETs and ISEs with different types of
ion-selective membranes are summarized in Table 2.
The slope of the ISFET with PVC/DOS or PVC/
TOTM membrane was 57.27 or 56.49mV/decade,
respectively, which was good in terms of the
theoretical slope (59.2mV/decade at 25 °C). If slopes
and selectivity factors of ISFETs were compared
with those of corresponding ISEs, slopes of ISFETs
were smaller than those of corresponding ISEs and
selectivities were not as good as those of correspond-
ing ISEs. Unless membranes for both ISFETs and
ISEs were prepared from the same cocktails and

compared at the same time, identifying the dif-
ferences in slope and selectivity between ISFETs and
ISEs was difficult because the observed differences
were small. Meanwhile, differences of drifts and
hysteresis were significant. The values of drifts and
hysteresis of ISFETs as well as deviations from the
average values were larger than those of ISEs.22)

Fundamental characteristics of solid-state ion
sensors were further investigated using the form of
CWE. A silver-silver chloride electrode was used as
a solid-state electrode. The interface between an
ion-selective polymeric membrane and a silver-silver
chloride electrode was modified by introducing
polyvinyl alcohol (PVA) layers, each with a different
concentration and a different kind of electrolyte salt,
into the interface.31) The hydrophilic PVA layer was
in a dry state before the outer surface of the ion-
selective membrane came into contact with an
aqueous solution. The effects of this modification of
the interface on the shift and drift of EMFs of solid-
state ion sensors were investigated to elucidate
potential-determining processes at the interface. In
this experiment, solid-state ion sensors based on a
sodium-ion-selective membrane were evaluated. The
sodium-ion-selective membrane consisted of bis[(12-
crown-4)methyl]-2-dodecyl-2-methylmalonate as a
ligand, polyvinyl chloride as a matrix, dioctyl adipate
as a plasticizer, and sodium tetraphenylborate as an

Table 1. Materials and composition of ion-selective membranes.
Reprinted from Electroanalysis, 3, (1991) 287–292 with permis-
sion from John Wiley and Sons

Function Materials Composition [wt%]

Matrix
PVC

OH-PVC
33

Plasticizer

DOS

TOTM

ETH2112

66

Ligand Valinomycin 1

Table 2. Comparison of fundamental characteristics between ISFET and ISE. Reprinted from Electroanalysis, 3, (1991) 287–292 with
permission from John Wiley and Sons

(a) Characteristics of KD-ISFETs with different membranes containing valinomycin

Sample
Slope

(mV/decade)

Selectivity Factor, logKpot Drift

(mV/h)

Hysteresis

(mV)HD LiD NaD NH4
D Mg2D Ca2D

PVC/DOS 57.27 !3.38 !3.68 !3.48 !1.94 !3.73 !4.21 !0.237 14.67

PVC/TOTM 56.49 !3.54 !3.35 !3.38 !1.85 !3.69 !3.95 0.189 !5.81

PVC/2112 47.6 !2.8 !3.14 !2.9 !1.55 !3.48 !3.2 0.154 !2.73

OH-PVC/DOS 52.26 !3.95 !3.79 !2.62 !1.71 !3.96 !4.17 !0.955 4.38

OH-PVC/TOTM 52.88 !3.6 !3.02 !3.22 !1.74 !3.41 !3.93 !0.193 1.89

OH-PVC/2112 46.91 !3.72 !3.46 !2.47 !1.67 !3.05 !3.88 2.3 1.8

(b) Characteristics of KD-ISEs with different membranes containing valinomycin

Sample
Slope

(mV/decade)

Selectivity Factor, logKpot Drift

(mV/h)

Hysteresis

(mV)HD LiD NaD NH4
D Mg2D Ca2D

PVC/DOS 58.42 !4.65 !4.47 !3.92 !1.87 !4.97 !4.5 !0.011 !0.32

PVC/TOTM 57.89 !4.75 !4.8 !4.09 !2.04 !4.92 !4.82 0.012 0.41

PVC/2112 51.67 !3.42 !3.61 !3.33 !1.48 !4.1 !3.89 0.018 !0.12

OH-PVC/DOS 55.5 !3.69 !3.53 !2.4 !1.82 !3.44 !3.98 0.013 !0.97

OH-PVC/TOTM 54.76 !3.71 !3.54 !2.25 !1.83 !3.47 !3.99 0.02 0.34

OH-PVC/2112 49.01 !3.33 !3.23 !2.4 !1.55 !3.24 !3.65 0.024 !0.55
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additive. To investigate the role of the interface
between an ion-selective membrane and a silver-silver
chloride electrode, sodium chloride, potassium chlo-
ride, potassium bicarbonate, and potassium acetate
were used as electrolyte salts in a thin PVA layer.
The thickness of the PVA layer was approximately
55 µm.

EMF behaviors of both a solid-state ion sensor
without an intermediate layer and an ISE are shown
in Fig. 3.31) A 0.1M NaCl solution was used as the
internal solution for the ISE, in which a silver-silver
chloride electrode was placed. The EMF of the solid-
state ion sensor was more negative (by 140mV) than
that of the ISE. These EMF behaviors can be
characterized using the initial EMF change within
10 hours and the steady-state drift after 15 hours.
The initial EMF change of the solid-state ion sensor
was 46mV, whereas that of the ISE with an internal
solution was 3mV. The steady-state drift of the solid-
state ion sensor was 0.2mV/h, whereas that of the
ISE was 0.03mV/h. These are typical examples of
the shifts and drifts of EMFs for a conventional solid-
state ion sensor without an intermediate layer and
the ISE.

2.3. Role of the interface between a solid and
an ion-selective membrane. To investigate the
roles of ions at the interface between the ion-selective
membrane and the silver-silver chloride electrode for
the EMF of a solid-state sodium ion sensor, a dried
hydrophilic intermediate layer of PVA containing
different amounts of sodium chloride (NaCl) was
interposed between them. Time courses of the EMFs
of solid-state sodium ion sensors are shown in
Fig. 4.31) The weight ratio between NaCl and PVA,

NaCl/PVA, in the intermediate layer was changed
from 1/1000 to 2. When an aqueous solution was
introduced onto the surface of ion-selective mem-
branes of the sensor, water molecules diffuse through
the ion-selective membrane to the intermediate
layer.31) The intermediate layer absorbs water
molecules and any NaCl in the layer is dissolved
and ionized. As a result, the intermediate layer serves
as an internal electrolyte solution; that is, sodium
ions in the layer can exchange with the ion-selective
membrane and chloride ions can exchange with the
silver-silver chloride electrode. As a result of efficient
exchange of charged ions at the phase boundaries,
the solid-state ion sensors are considered to reach an
equilibrium, showing a stable EMF. As shown in
Fig. 4, the EMFs of solid-state ion sensors were
significantly dependent on the weight ratio. When
the content of NaCl in the intermediate layer was
sufficiently high (weight ratios were 1/10, 1, and 2),
the EMFs of solid-state ion sensors were almost
constant at !170mV. This EMF value corresponded
to that of ISE with a saturated internal electrolyte
solution. Therefore, ion concentrations in the inter-
mediate layer were estimated to be saturated when a
sufficient amount of salts was incorporated into the
layer. Meanwhile, when the weight ratio was 1/100
and 1/1000, the EMF increased as the amount of
NaCl in the intermediate layer decreased. In this

Fig. 3. Typical drift characteristics of ion sensors. Reprinted
from Anal. Chim. Acta, 331, (1996) 85–95 with permission from
Elsevier.

Fig. 4. EMF behaviors of the solid-state sodium ion sensors with
different concentrations of sodium chloride in the intermediate
layer. Reprinted from Anal. Chim. Acta, 331, (1996) 85–95 with
permission from Elsevier.
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case, the ion concentrations in the intermediate layer
were considered not to be saturated and the EMFs
were dependent on the concentration of NaCl in the
intermediate layer.

Drift characteristics of solid-state ion sensors
were also significantly dependent on the weight ratio
between NaCl and PVA in the intermediate layer.32)

When the concentration of NaCl was saturated in the
intermediate layer, the EMF of solid-state ion sensors
was stable and almost constant over the evaluation
period. The initial EMF changes and steady state
drifts were smaller than 10mV and about 0.05mV/h,
respectively. Meanwhile, when the weight ratio was
1/100 or 1/1000, the EMF of solid-state ion sensors
showed significant drift. The initial EMF changes
and steady-state drift of these sensors were greater
than 50mV and 0.2mV/h, respectively. It was
assumed that the reason for the large drift for sensors
with small weight ratios was that the ion concen-
tration in the intermediate layer changed with time
depending on the amount of water absorbed.

The solid-state sodium ion sensor showed a large
drift even if a hydrophilic intermediate layer was
placed between the ion-selective liquid membrane
and the silver-silver chloride electrode. The initial
EMF change and the drift of the solid-state sodium
ion sensor were small only when the hydrophilic
intermediate layer contained a sufficient amount of
NaCl. This indicated that the primary ions, sodium
ions in this case, need to be exchanged between the
ion-selective membrane and the intermediate layer,
and that chloride ions need to be exchanged between
the intermediate layer and the silver-silver chloride
electrode for the stable EMF of the solid-state ion
sensor. In the case of conventional solid-state ion
sensors in which an ion-selective liquid membrane is
in direct contact with a solid-state electrode, charged
species cannot be exchanged efficiently between the
ion-selective membrane and thin water layer, or
between the thin water layer and solid-state elec-
trode. It was found that this was the main reason for
the shift and drift of EMF of solid-state ion sensors.
To stabilize the EMF of solid-state ion sensors,
efficient ion exchange and electrochemical equilib-
rium should be established at all of the phase
boundaries of an ion-selective liquid membrane and
solid electrode, as illustrated in Fig. 5.21),31) A variety
of materials and mechanisms for solid contacts have
been proposed for the phase boundaries to realize
stable solid-state ion sensors.9),33)

Recently, wearable sensors have been attracting
considerable attention for continuous real-time

health monitoring.34) Various solid-state ion sensors
have been developed for real-time and noninvasive
monitoring of electrolytes and metabolites in sweat,
tears, or saliva as indicators of health status. Typical
examples of the analytes are glucose, lactate, NaD,
KD, HD, NH4

D, Ca2D, and Cl!, many of which
correlate with their concentrations in blood.35) From
the perspective of practical operation, a calibration
process is required using standard solutions contain-
ing known concentrations of analytes for most solid-
state biosensors to precisely determine the analyte
concentration. In the case of wearable sensors,
calibration cannot be performed frequently during
the measurements, although one-point calibration
(baseline correction) is usually carried out for blood/
serum electrolyte measurements for every sample in
clinical testing. Stability of the output signals of solid-
state biosensors is required for long-term measure-
ment, while calibration-free sensors have been re-
ported in the field of ISEs.36),37) Solid-contact ISEs are
an active research area in the field of ISEs because
they are readily applicable to wearable sensors.

3. Inorganic and organic mixed phase materials
for immobilization and detection

of biomolecules

3.1. Design of a self-assembled monolayer/
AgCl electrode. Taking advantage of large-scale
integration of solid-state biosensors, a high-density
array of extended-gate ISFETs has been used in a
DNA sequencer.6) Gold is often used as a material for
the extended-gate electrode. Not only is the ex-
tended-gate ISFET compatible with complementary
metal oxide semiconductor (CMOS) technology, but
gold also has excellent affinity for SH groups, making
it easy to immobilize biomolecules. Therefore, gold is

Fig. 5. Schematic of the cross section of a solid-state ion sensor
with an intermediate layer containing a sufficient amount of
sodium chloride.
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also used as the sensing surface for surface plasmon
resonance38),39) and quartz crystal microbalance.36),37)

Because the gold electrode becomes a polarized
surface in aqueous solution, the EMF of the electrode
changes due to the adsorption of charged chemical
species such as ions.40) For this reason, gold is not
necessarily suitable as an electrode material for
potentiometric measurement, and there are problems
of stability such as drift, shift, or variation of the
EMF. When the surfaces of gate materials such as
Si3N4 and Ta2O5 are in contact with aqueous
solution, silanol groups and hydrates are formed at
the surface of the gate materials, and the EMF at the
solid-liquid interface is stabilized due to the elec-
trochemical equilibrium of these dissociative groups.
Although organosilicon derivatives such as alkyl
aminosilanes are often used to functionalize the
metal oxide surface,41)–43) high-quality self-assembled
monolayers (SAMs) of organosilicon derivatives are
not simple to produce, partly because of the need to
carefully control reaction conditions such as the
amount of water in solution44)–46) and multilayer
formation.47),48) Therefore, controlling the density
and orientation of immobilized biomolecules in a
reproducible manner is difficult.49)

A new approach based on organic and inorganic
mixed phase modification of the surface of silver has
been proposed to realize an electrochemically defined
interface capable of immobilizing biomolecules with
controlled density and orientation.40) A SAM of an
alkanethiol can be formed easily on the surface of
silver for functionalization with biomolecules. At the
same time, the EMF of the silver surface is easily
stabilized by forming silver chloride. The structure
and chemistry of alkanethiol SAMs on Ag(111) have
previously been investigated in detail.41),50) The
EMF of the silver/silver chloride electrode is stable
and constant in the presence of fixed chloride ion
concentrations. In many cases, the chloride ion
concentration before and after the biomolecular
recognition reaction can be considered constant in
controlled in vitro measurement conditions. The
SAM/silver and silver/silver chloride structures were
mixed and integrated at the surface of a thin silver
film to simultaneously achieve functionalization of
biomolecules and stabilization of the EMF of the
electrochemical biosensor. This organic and inorganic
mixed surface of the thin silver film was applied to
hybridization asseys, potentiometric detection of
nucleic acids, for cancer diagnosis in liquid biopsies.40)

3.2. Characterization of SAM/AgCl mixed
surface. Figure 6 shows a schematic of the cross

section of an organic/inorganic mixed nanostructure
formed on the silver surface. Alkanethiol groups are
in direct contact with the silver surface, and the
remaining silver surface is covered with silver
chloride. The alkyl chains of the SAM of alkane
thiolates on a clean Ag(111) surface are orientated
practically perpendicular to the surface, whereas
those prepared on an Au(111) surface are tilted at
26–28° from the surface normal.41) Sulfobetaine (SB)
3-undecanethiol or 10-carboxy-1-decanethiol (10-
CDT) was first used to form a SAM on the surface
of a sputtered thin silver film, followed by treatment
with 1,3-diaminopropanetetraacetic acid ferric am-
monium salt monohydrate [PDTA·Fe(III)] as an
oxidizing agent to form a thin AgCl layer by
chemically oxidizing the Ag surface. Functional
groups of the alkanethiol can be used for the
immobilization of biomolecules. The mixed SAM
was prepared on the surface of the silver film using
oligonucleotide- and SB-terminated alkanethiols, to
control the DNA probe density and to maximize the
efficiency and kinetics of hybridization.

X-ray photoelectron spectroscopy (XPS) meas-
urements were performed for detailed elemental
analysis of organic and inorganic nanostructure
surfaces. Figure 7 shows changes in the XPS spectra
of Cl 2p derived from AgCl, and S 2p and C 1s
derived from thiol groups when the SAM concen-
tration was changed to 1 µM, 5 µM, and 10 µM. The
peak intensity in the Cl 2p spectra decreased with
increasing 10-CDT solution concentration, which
indicated increasing surface coverage of the SAM
for a higher concentration of 10-CDT. The peak
intensities in the S 2p and C 1s spectra increased

Fig. 6. Schematic of the cross section of the organic and
inorganic mixed nanostructure. Reproduced from RSC Adv.,
11, (2021) 24958–24967 with permission from the Royal Society
of Chemistry.
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with increasing 10-CDT concentration because of the
increasing SAM density. By changing the concen-
tration of the SAM solution, the mixing ratio of the
SAM and silver chloride phases formed on the silver
surface can be controlled. Control and optimization
of DNA probe density are important for nucleic acid
detection by DNA hybridization. There is a trade-off
between high sensitivity due to high density of DNA
probes and inhibition of hybridization due to steric
hindrance between adjacent probes. In the SAM/
silver chloride mixed nanostructure, the density of
DNA probes is controlled by forming mixed SAMs by
changing the SAM concentration and the mixing
ratio between sulfobetaine3-undecanethiol and oligo-
nucleotide-terminated alkanethiols.

Zwitterionic SB has antifouling characteristics
and can dramatically reduce the nonspecific adsorp-
tion of proteins.51),52) To confirm the orientation of
the functional group of the SAM, the antifouling
effect of the organic/inorganic mixed nanostructure
was evaluated for protein adsorption using a 10-
CDT SAM or a sulfobetaine3-undecanethiol SAM.
Figure 8 shows the nonspecific adsorption of bovine
serum albumin (BSA) on the above surfaces after
direct contact with 10 µg/ml, 100 µg/ml, and 1
mg/ml BSA solutions. The amount of BSA adsorbed
on the SB-SAM surface was low even after the
chemical deposition of silver chloride with 2mM
PDTA treatment, whereas a large amount of BSA
was adsorbed on the silver and 10-CDT-SAM
surfaces. This indicated that the orientation of SB-
SAM was maintained with the SB group exposed on
the surface. Less BSA adsorption on the SB-
terminated SAM was thus confirmed, even after the
chemical deposition of silver chloride.40)

3.3. Potentiometric hybridization assay.
The EMF of the organic/inorganic mixed nanostruc-
ture with oligonucleotide probes was monitored
during hybridization in real time. The difference in
EMF between before and after hybridization, based
on the negative charge of the nucleic acid, was used
as a potential signal of hybridization. In the hybrid-
ization experiments, the complementary DNA of
microRNA 146a (miR-146a) was employed as a
model detection target. Figure 9 shows changes in
potential response when the concentration of target
DNA was changed. The EMF signals for hybrid-
ization were about !15mV for higher concentrations
of target DNA. It should be noted that the standard
deviations of the EMFs were sufficiently small, even
after hybridization and washing with 100mM NaCl
solution. On the basis of these results, the limit of
detection was determined to be 0.1 pM for the

Fig. 7. XPS spectra of organic and inorganic mixed nanostructure surfaces containing SAMs and silver chloride. (a) Cl 2p. (b) S 2p.
(c) C 1s. Reproduced from RSC Adv., 11, (2021) 24958–24967 with permission from the Royal Society of Chemistry.
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organic and inorganic mixed phase structure, where-
as that of the mixed SAM with oligonucleotide
probes on the surface of a conventional thin gold film
electrode was 20 pM.53) The signal to noise ratio was
9.1 at a concentration of 0.1 pM, which was higher
than that reported previously for potentiometric
nucleic acid detection. These results demonstrated
that stable and reliable detection of a microRNA
with high sensitivity was achieved using an organic
and inorganic mixed phase surface.

4. Signal transduction schemes for
potentiometric detection
irrespective of Debye

screening

4.1. Debye screening effect. In the case of
potentiometric detection of charged molecules based
on the FET format, detecting the change in charge
density induced outside the electric double layer is
impossible because this change is shielded by counter
ions. The width of the electric double layer, that is,
the Debye length, is expressed using the following
equation.

� ¼ ð""0kT=2q2IÞ1=2 ½1�
Here, ‘ represents Debye length; C, relative

permittivity; C0, vacuum permittivity; k, Boltzmann
constant; T, absolute temperature; q, electric charge;
and I, ionic strength. As can be seen from Eq. [1], the
Debye length ‘ is a function of ionic strength. In a
simple solution such as NaCl solution, ‘ is about 1 nm

at a concentration of 100mM and about 10 nm at a
concentration of 1mM. To ensure sensitivity, the
ionic strength of the measurement solution and a
molecular recognition reaction design that induces
a large change in charge density within the Debye
length needs to be optimized. Antibodies or antibody
fragments are often used as capture molecules not
only for biosensors but also in many biological
analyses. Because the size of antibodies is generally
on the order of several nanometers, they have not
been frequently used as capture probes for potentio-
metric biosensors due to the Debye screening effect.54)

4.2. Conformation change of aptamer. “Ap-
tamer” is a general term for oligomeric sequences of
nucleic acids and peptides that have selectivity and
affinity comparable to those of antibodies for a
specific molecule.55) Because aptamers are not as
large as antibodies, potentiometric biosensors using
aptamers as new molecular recognition elements
instead of antibodies are attracting attention. Nucleic
acid aptamers can also be nanostructured by intra-
molecular base pairing and endowed with various
functions such as responsiveness to stimuli. Taking
advantage of these attributes of aptamers, a new
detection scheme for potentiometric solid-state bio-
sensors has been proposed using charged tag mole-
cules, which goes beyond the limitations of Debye
screening.

Specifically, the gate surface of an FET was
modified with a hairpin DNA aptamer preloaded
with a cationic DNA binder, and a detection scheme
was designed so that the hairpin opened upon
recognition of the target molecule, releasing the
DNA binder into solution.56) This detection scheme
is not affected by the charge in the target molecule
itself or the shielding effect of the Debye length of the
solution. A schematic of biomolecule detection based
on conformational changes in hairpin aptamers is
shown in Fig. 10. An alkanethiol self-assembled film
was formed on the surface of the gold electrode,
which also served as the extended-gate electrode of
the transistor, and 4B,6-diamidino-2-phenylindole
(DAPI), a DNA binder, was captured in the
double-stranded part of the hairpin structure of the
nucleic acid aptamer in advance. In the experiment,
an aptamer with high affinity to adenosine triphos-
phate (ATP) was used. When ATP to be detected
was introduced into the sample solution, the aptamer
captured ATP to shift to a more stable state, with
accompanying conformational change, as illustrated
in Fig. 10. At this time, DAPI bound to the double-
stranded DNA was released. Because DAPI has a
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Fig. 9. Effect of target DNA concentration on EMF response of
an organic and inorganic mixed nanostructure. Reproduced from
RSC Adv., 11, (2021) 24958–24967 with permission from the
Royal Society of Chemistry.
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positive charge, its release changes the electrostatic
state near the gate electrode interface. This electrical
change is detected with an extended gold electrode
in the proposed scheme. DAPI binds to the double-
stranded portion of the hairpin aptamer near the gate
electrode surface, and the molecular recognition
reaction always induces an electrical change near
the gate electrode surface within the electric double
layer. Therefore, the problem of electrostatic shield-
ing by counter ions associated with the Debye length
is eliminated in this scheme. In addition, regardless
of the charge of the biomolecule to be detected, the
electrical change due to the release of positively
charged DAPI is always induced upon molecular
recognition; therefore, detecting electrically neutral
biomolecules is possible.56)

Detection of ATP in comparison with guanosine
triphosphate (GTP) based on three types of detec-
tion schemes is shown in Fig. 11. As shown in
Fig. 11(a), the potential response to ATP changed
in a concentration-dependent manner, but the
response to GTP hardly changed. It was also

confirmed that the response to ATP was not
obtained with the hairpin aptamer alone or with
the combination of the linear aptamer and DAPI,
and that the combination of the hairpin aptamer and
DAPI was essential to generate the concentration-
dependent signals. Although ATP has negative
charges due to phosphate ions, adenosine is an
electrically neutral molecule and exhibits affinity to
the same aptamer used in the experiments shown in
Fig. 11. The responses of the proposed detection
scheme to adenosine and guanosine are shown in
Fig. 12. Guanosine is also an electrically neutral
molecule. From Fig. 12, a concentration-dependent
potential response may be obtained only to adeno-
sine, confirming that the proposed scheme was also
effective for electrically neutral molecules.56)

4.3. Stimulus-responsive polymer gel. A
report has also been published of another approach to
design molecular recognition using a stimulus-re-
sponsive polymer gel formed on the surface of a gate
of an FET.57) This gel contained a dissociated
phenylboronic acid group, which formed a reversible
complex with a diol compound, and the apparent
dissociation equilibrium of the phenylboronic acid
group shifted due to changes in the surrounding
glucose concentration. 4,3-Acrylamidophenylboronic
acid, N-isopropylacrylamide, and a polymerization
initiator were copolymerized to incorporate phenyl-
boronic acid groups into a volume phase transition
polymer gel network. Changes in glucose concen-
tration induce ionic osmotic pressure in the polymer
gel, which leads to a synchronized reversible volume
phase transition.58),59) Most of the weight of hydro-
philic acrylamide gels is due to water, and the change
in the degree of swelling can be almost synonymous
with the change in water content. The relative
permittivity of water is approximately 80, whereas
that of polymer chains in a condensed state is

(a) Hairpin aptamer DAPI (b) Only hairpin aptamer (C) Linear aptamer DAPI

Fig. 11. Detection of ATP based of a conformational change of a hairpin aptamer. (a) Hairpin aptamer D DAPI. (b) Only hairpin
aptamer. (c) Linear aptamer D DAPI. Reproduced from Biosens. Bioelectron., 32, (2012) 244–249 with permission from Elsevier.

Fig. 10. Schematic of biomolecular detection based on conforma-
tional change in a hairpin aptamer. Reproduced from Biosens.
Bioelectron., 32, (2012) 244–249 with permission from Elsevier.
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approximately 2–3. Therefore, the change in appa-
rent relative permittivity caused by water influx
into the gel matrix is considered to play an important
role in the signal transduction mechanism in the gel-
modified gate FET. The output voltage of the
transistor changed depending on the glucose concen-
tration, and a reversible response was obtained.57)

Glucose is an electrically neutral biomolecule, which
is difficult to detect by simple capture on the gate
surface.

The change in threshold voltage, "VT, which is
one of the output forms of the transistor, is expressed
by the change in charge density induced on the gate
surface as a result of biomolecular recognition, "QDL,
and the gate capacitance, CI, as described in Eqs. [2]
and [3].

�VT / ð�QDLÞ=CI ½2�
CI ¼ "0"A=d ½3�

Here, C0, C, A, and d are vacuum permittivity,
relative permittivity, gate area, and thickness of gate
insulator, respectively. The biomolecule concentra-
tion can be calculated from the threshold voltage
change and the charge density change of the
biomolecule by assuming that the gate capacitance
does not change before and after molecular recog-
nition. Meanwhile, in an FET using a stimulus-
responsive polymer gel, the threshold voltage change
depends on the gate capacitance CI, and the gate
capacitance is related to the permittivity of the
gate materials. As described above, the polymer gel
introduced as one of the gate materials reacts with
the molecule to be detected and causes a volume
phase transition, which induces a change in permit-
tivity (due to a change in the water content) of the
gel. This detection scheme is another example of a

transistor capable of Debye-length-independent de-
tection of molecular recognition. The results demon-
strated that not only charged molecules but also
uncharged molecules such as glucose can be detected
by adding the permittivity change as a detection
parameter. On the basis of this principle, the
detection of molecules other than glucose has been
reported.60),61)

5. Detection of biomolecular recognition
using ISFETs in combination with

enzymatic signal amplification

When enzymes are used as the biologically active
substance, changes in ion concentration produced by
the enzyme-substrate reaction are measured with the
ISFET.62) A differential detection scheme using an
enzyme and a reference FETs is shown in Fig. 13. In
most cases, proton-sensitive ISFETs have been used
in combination with enzyme-substrate reactions that
involve the consumption or production of hydrogen
ions. Two examples of enzyme-substrate reactions for
the detection of urea and glucose are described in
Fig. 13. In both cases, local pH changes are induced
by the enzymatic reactions. In these biosensors,
enzymatic reactions have been designed and per-
formed on carriers such as membranes, beads, or
proteins on the gate of the ISFET. In this case, the
points of hydrogen ion generation and consumption
are not always in direct contact with the surface of
the ISFET. Only some of the generated hydrogen
ions diffuse to the surface of the gate and contribute
to the signal generation of the ISFET. To efficiently
and rapidly detect the pH change at the surface of
the hydrogen ion-selective membrane, the design and
materials of the immobilized enzyme carriers should
be optimized. When the pH in the bulk of the sample
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solution changes, the hydrogen ion-selective mem-
brane underlying the immobilized enzyme carriers
responds to it. For precise and reliable measurement
of the substrate, only the pH change produced by
the enzyme-substrate reaction needs to be detected,
with the measurement not being affected by the
background pH change. As shown in Fig. 13, a
reference FET is introduced into the measuring
system together with the enzyme-immobilized FET,
and the differential measurement is carried out to
cancel out the background pH change. A proton-
sensitive ISFET with a carrier on which enzymes are
not immobilized is usually used as the reference FET.
Differential measurement can detect pH changes
based on the production or consumption of protons
resulting from enzyme-substrate reactions by cancel-
ing out changes in pH throughout the solution, as
well as changes in output due to temperature and
light, as much as possible. Because the pH response
characteristics and temperature characteristics of
the two ISFETs are not exactly the same, noise in
the measurement system cannot be completely
eliminated, but it can be greatly reduced.

5.1. Penicillin. The first enzyme-immobilized
FET was reported in 1980.63) An immobilized
penicillinase membrane was deposited on one of two
pH-ISFETs to make a penicillin sensor. Penicillinase
was immobilized by crosslinking using glutaralde-
hyde and albumin. The other ISFET had a mem-
brane of only crosslinked albumin and was used as a
reference FET. As penicillinase catalyzed the hydrol-

ysis of penicillin to penicilloic acid, the local pH near
the enzyme-immobilized FET shifted to a more acidic
level. The response time of the sensor was about 25 s
and the lifetime was 2 months with intermittent
use. The dynamic range of the sensor was affected by
the buffer capacity. A linear response to penicillin
was obtained over a range from 0.2 to 6mM in a
5mM phosphate buffer at pH 7, and the upper limit
of the linear range increased to 25mM in a 20mM
phosphate buffer.

5.2. Urea. A urea sensor based on a proton-
sensitive ISFET was then reported in combination
with an immobilized urease membrane.64) The
immobilized urease membrane was prepared by
crosslinking using urease, triacetylcellulose, 1,8-dia-
mino-4-aminomethyloctane, and glutaraldehyde.
Glycine was immobilized in the membrane of the
reference FET instead of urease. The surfaces of
the Si3N4 layers of both FETs were treated with 3-
aminopropyltriethoxysilane (APTES) for better ad-
hesion of the enzyme-immobilized and reference
membranes. The differential measurement between
the enzyme-immobilized and reference FETs was
carried out to determine urea concentrations. On
the basis of the calibration curve of the enzyme-
immobilized FET, obtained in a 10mM phosphate
buffer, it was possible to determine the urea
concentration over a range from 5 # 10!5 to 10!2

g/ml. The response time was 1min. Responses to
1 # 10!3 g/ml urea solutions were obtained over 28
days with the data fluctuating within 3mV at the
level of 20mV.

5.3. Glucose. A glucose sensor based on an
ISFET was also reported combined with an immobi-
lized glucose oxidase (GOD) membrane.65) GOD was
immobilized in a photosensitive polymer together
with bovine serum albumin and glutaraldehyde.
The pH in the solution decreased based on the
GOD-glucose reaction. The response time of the
sensor was 3min and a linear relationship between
the differential output and glucose concentration was
obtained in the range from 0 to 300mg/l.

5.4. Urea and glucose. A urease-immobilized
FET, a GOD-immobilized FET, and a reference
FET were integrated in a single chip to achieve the
simultaneous detection of urea and glucose.66),67) The
layout of the chip is shown in Fig. 14(a). Three
ISFETs and two MOSFETs were integrated in a
single chip. Three ISFETs were used for urea, glu-
cose, and reference FETs, respectively. Figure 14(b)
shows a photograph of the fabricated chip using a
silicon-on-sapphire (SOS) substrate. The orange

RRef. Electrode

Immobilized Enzyme 
membrane

p-Si

pH sensitive material

Sample

n n

p-Si

Reference 
membrane

(NH2)2CO 2H2O+ + H+ 2NH4
+ + HCO3

-

Urea Urease

C6H12O6 O2
+ C6H10O6

+ H2O2

Glucose Glucose Oxidase

C6H11O7
- H++C6H10O6

+ H2O

pH sensitive material
n n

Fig. 13. Differential detection scheme using an enzyme and a
reference FETs. An immobilized enzyme membrane and a
reference membrane without an enzyme are formed on the
surface of an enzyme FET and a reference FET, respectively.
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parts are the silicon islands where the sources, drains,
and channels were fabricated. The size of the chip
was 2.5mm # 2.5mm. Because the silicon islands
were surrounded entirely by the insulator, encapsu-
lation of the SOS-FET using epoxy resin was easier
compared with that of Si-FET. The well structures
formed over the gate areas of the FETs for depositing
different kinds of immobilized enzyme membranes
separately. The photosensitive dry film with the
thickness of 75 µm was used to fabricate the well
structures. A photograph of the chips with the well
structures is shown in Fig. 14(c). The aperture of
the well structure was 200 µm # 600 µm. After wire
bonding, the chip was encapsulated in epoxy resin as
shown in Fig. 14(d). The stick type enzyme FET
sensor was then completed and ready for use.

Photosensitive PVA was used as the immobi-
lized enzyme membrane material for the integrated
urea and glucose-sensitive FETs. The mixture of
photosensitive PVA and an enzyme solution was
injected into one of the well structures. A photograph
of the immobilized enzyme membrane after drying is

shown in Fig. 14(e). An interference fringe can be
seen in the right well of the enzyme FET. A network
structure of PVA was formed by the irradiation of
light with a wavelength shorter than 460 nm. After
photopolymerization, the enzyme was entrapped and
immobilized in the network structure.68) Because this
PVA is photosensitive, it can be patterned using
photolithography, but the photolithography process
must be repeated as many times as the number of
enzymes to be integrated. Therefore, in this experi-
ment, urease and GOD-immobilized enzyme mem-
branes were separately formed by dropping a small
amount of photosensitive PVA containing urease or
GOD into a well structure on the gate of the ISFET.

The fabricated urea and glucose FETs were
immersed in a 10mM phosphate buffer solution and
1ml of urea or glucose solutions with various kinds of
concentrations was added into the buffer solution.
The output voltage changes of the glucose and urea
FETs are shown in Fig. 15(a) and (b), respectively.
As described in Fig. 13, the local pH in the vicinity of
the gate becomes more alkaline in the urea-urease

(e)

(d)

(c)(a) Ref. FETGlucose FET Urea FET

MOSFET

(b) 1 mm

Fig. 14. Fabrication of integrated glucose and urea FETs using an SOS substrate. (a) Layout of integrated FET chip. (b) Photograph
of the fabricated chip. (c) Photograph of the chips with the well structure. (d) Photograph of the chip encapsulated in epoxy resin.
(e) Photograph of the immobilized enzyme membrane after drying. Reproduced from Sens. Actuators, 7, (1985) 1–10 with permission
from Elsevier.
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reaction, whereas it becomes more acidic in the case
of the glucose-GOD reaction. Therefore, the direction
of the output voltage changes was opposite between
the glucose FET and urea FET. The output voltages
at 5min and 1min after addition of glucose and
urea solutions, respectively, were plotted against the
concentrations of glucose and urea. The calibration
curves for glucose and urea FETs are shown in
Fig. 15(c). The output voltages for both glucose and
urea FETs showed concentration-dependent relation-
ships in the range from 1 # 10!4 g/ml to 1 # 10!2

g/ml. The sensitivities of both glucose and urea FETs
were 8mV/decade and 18mV/decade, respectively,
in the range from 2 # 10!4 g/ml to 2 # 10!3 g/ml.
Using this approach, it was confirmed that urea and
glucose concentrations can be measured independ-
ently without crosstalk.66)

The enzymes that can be used for enzyme-
immobilized FETs must be selected from those that
produce or consume protons as a result of the
reaction with the substrate. The enzymes used in
the major enzyme-immobilized FETs reported so far
include penicillinase,63) urease,64) glucose oxidase,65)

acetylcholinesterase,69) lipase,70) and DNA polymer-
ase.71) Enzymes are proteins, and higher-order
structures unique to each enzyme play an important
role in exhibiting substrate-specific catalytic activity.
For an enzyme to exhibit catalytic activity in an
immobilized state, the amino acid residues in the
binding center and active center of the substrate
should remain unchanged and the enzyme-specific
higher-order structure needs to be maintained.
Enzyme immobilization methods include chemical
methods in which covalent bonds are formed between
membrane materials and enzymes, and physical
methods in which enzymes are immobilized by
physical adsorption or entrapment.

5.5. Urea detection based on NH4
D-ISFET.

The activity of an enzyme is dependent on pH in the
solution, and each enzyme has its own optimal pH at
which its activity is maximized. Therefore, a buffer
solution is usually used in the enzymatic reaction so
that the enzyme-substrate reaction is performed in a
solution with an optimal and constant pH. Mean-
while, the pH change produced by an enzymatic
reaction is suppressed in a buffer solution and this

(a) (b)

CONCENTRATION OF UREA OR GLUCOSE  (g/ml)

(c)

Fig. 15. Response characteristics of integrated glucose and urea FETs. (a) Responses of glucose FET to different concentrations of
glucose solutions. (b) Responses of urea FET to different concentrations of urea solutions. (c) Calibration curves for glucose and urea
FETs. Reproduced from Sens. Actuators, 7, (1985) 1–10 with permission from Elsevier.
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buffering capacity increases as the concentration of
the buffer solution increases. For example, as the
concentration of a phosphate buffer solution increas-
ed from 0.1 to 1M, the response of the urease-
immobilized FET decreased, while almost constant
responses were obtained in phosphate buffer solutions
with a concentration of 0.01M or less.64)

To overcome the lower sensitivity due to pH
suppression in a buffer solution, ions other than
hydrogen ions as products of the enzyme-substrate
reaction can be used to detect the substrate. As an
example, an ammonium-ion-selective membrane was
used, instead of a proton-selective one, to fabricate
a urea-selective FET.72) Because ammonium ions are
produced during the urea-urease reaction as describ-
ed in Fig. 13, the urea concentration can be
quantified by measuring the change in the ammoni-
um ion concentration instead of the pH change. The
urease-immobilized membrane was formed at the
surface of the PVC-based ammonium-ion-selective
membrane on the gate of the ISFET. The responses
of the urea-selective FET based on the ammonium-
ion-selective membrane were found not to be affected
by the buffer concentration in a limited range of urea
concentrations, if appropriate buffer solutions were
used. However, they were affected by the selectivity
of the ammonium-ion-sensitive membrane to other
ions. The lower detection limit was strongly affected
by the concentrations of potassium and sodium ions
in the sample solution because of the insufficient
selectivity of the nonactin/monactin-based ammoni-
um-ion-selective membrane over potassium and
sodium ions. A logarithmic potentiometric selectivity
coefficient of an ammonium ion-selective nonactin/
monactin membrane over potassium ion was
!0.92.73) This value indicated that interference by
potassium ions was obtained when the potassium ion
concentration was within 1 or 2 orders of magnitude
higher than the ammonium ion concentration in a
sample.74) When the amount of ammonium ions
locally produced in the urea-urease reaction was not
sufficient, they cannot be detected with the ammoni-
um ion selective membrane underlying the immobi-
lized urease membrane with a background of high
potassium ion concentration. In this case, the
composition of the buffer solution has to be taken
into consideration, just like the case with a proton-
sensitive FET.

To maintain a wide dynamic range and high
sensitivity as a urea sensor, the selectivity of the ion-
selective membrane should be improved. Because the
response of the urea-selective FET based on a proton-

selective membrane is affected by the buffer capacity,
the performance is difficult to improve as long as a
pH-ISFET is used as a transducer in enzyme-coupled
FETs. Meanwhile, the response characteristics of
enzyme-coupled FETs based on an ammonium-
selective membrane can be improved by improving
the selectivity of the ammonium-ion-selective mem-
brane. Therefore, this approach may be one of future
directions to realize enzyme FETs without limitation
of buffer capacity.

5.6. DNA. DNA exhibits specific affinity to
complementary DNA even for a short fragment of
about 20 bases (6.8 nm), and, therefore, molecular
recognition reactions such as hybridization can be
carried out within the Debye length range. Because
double-stranded DNA after hybridization has high
affinity at a controlled temperature, the capture-
reaction step and the detection step can be separated,
unlike in the measurement of ions. In many DNA
analyses, after hybridization, a washing step is
conducted, and separation of bound and free targets
(B/F separation) is performed before the detection
process. As with conventional DNA chips/DNA
microarrays, the products of polymerase chain
reaction (PCR) amplification after nucleic acid
extraction are used as samples for FET-based DNA
analyses. Therefore, they do not contain interfering
substances such as proteins, and potentiometric
measurements can be performed in a controlled
environment to some extent. Therefore, it is practical
to control the Debye length using a diluted buffer
solution when the changes in negative charges based
on phosphate groups of DNA after molecular
recognition are detected with FETs modified with
DNA probes. Not only hybridization but also the
binding reaction between DNA probes and DNA
binders,75) and the primer extension reaction were
designed on the surface of the gate of DNA-modified
FETs for analyses of single-nucleotide polymorphism
(SNP) and DNA sequencing.

5.7. Genotyping. The base sequence of the
DNA probe was designed so that the 5B end was
immobilized on the surface of the gate insulator and
the 3B end served as the SNP site. After hybridization
between the probe DNA and target DNA, if the
SNP site is complementary, a polynucleotide is
synthesized by the introduction of thermostable
Taq DNA polymerase together with deoxynucleotide
triphosphates (dNTPs). Because the charge density
at the gate surface increases as a result of synthesis
of polynucleotides, the threshold voltage of the FET
changes and the event of the primer extension
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reaction can be detected.76) SNP genotyping is based
on the sequence-specific primer extension of two
allele-specific oligonucleotide probes that differ at
their 3B end nucleotide defining the alleles. Normal
oligonucleotide probes with a base sequence comple-
mentary to a wild-type sample were immobilized on
the gate surface of one FET (N-type FET), whereas
mutant oligonucleotide probes with a base sequence
complementary to a mutant sample were immobi-
lized on the gate surface of another FET (M-type
FET). The target DNA was hybridized with the
normal and mutant oligonucleotide probes (11 bases)
on the gate surface of each FET. It was difficult to
distinguish a single base difference based on just
hybridization. So, the hybridization events were
followed by the introduction of DNA polymerase
and all four deoxynucleotides. The sequence-specific
elongation may be controlled by a match or
mismatch at the 3B end of each oligonucleotide probe.
When the 3B end of the oligonucleotide probe was
complementary to the polymorphic site of the target
DNA, DNA polymerase extended the immobilized
oligonucleotide probes with dNTPs in a template-
dependent manner. As a result of the elongation
reaction, negative charges increased at the gate
surface of the FET because of intrinsic negative
charges of the polynucleotide. This change in charge
density can be detected as a shift in the threshold
voltage of the FET. Meanwhile, when the 3B end of
the oligonucleotide probe was not complementary to
the target DNA, an elongation reaction did not occur
and the charges at the gate surface did not change.
Thus, information on match or mismatch at the
polymorphic site of the target DNA can be detected
by using the DNA-immobilized FET, which allowed
simple and precise discrimination of SNP genotypes.
As samples for the genotyping experiments, three
different genotypes using synthetic oligonucleotides
for the !122 locus of the factor VII gene were
prepared. The N-type and M-type FETs were set
in a buffer solution and hybridized with a normal/
normal (n/n) homozygote sample, a normal/mutant
(n/m) heterozygote sample, and a mutant/mutant
(m/m) homozygote sample. After introducing the
FETs into the incubated reaction mixture including
thermostable DNA polymerase and dNTPs, the
differential threshold voltage shifts were evaluated.
The ratios of the differential threshold voltage shifts
between the N-type and M-type FETs were 9.96,
1.11, and 0.08 for the n/n homozygote, n/m
heterozygote, and m/m homozygote samples, respec-
tively. It turned out that DNA-immobilized FETs

were effective for SNP typing because they can
discriminate with high accuracy the presence or
absence of elongation reactions caused by differences
in bases at SNP sites.

5.8. DNA sequencing. In the primer extension
reaction on the gate insulator of the FET, each
dNTP, that is, deoxyadenosine triphosphate, deoxy-
guanosine triphosphate, deoxycytidine triphosphate,
or deoxythymidine triphosphate, was separately
added sequentially together with Taq DNA polymer-
ase, as shown in Fig. 16, and the threshold voltage
change of the DNA-immobilized FET was measured
in a phosphate buffer solution (0.025M) after
washing the FETs.77) If the added dNTP was
complementary to the base of the target DNA, only
one base was synthesized by the extension reaction,
and if it was not complementary, the synthesis
reaction did not occur. Therefore, the unknown base
sequence of the target DNA can be analyzed by
measuring the change in the threshold voltage. The
cycle of single-base extension and measurement of
the VT was repeated iteratively to determine the base
sequence of the target DNA. Three examples of DNA
sequencing based on intrinsic molecular charges are
shown in Fig. 17.78) When the base sequence of the
R353Q region of the factor VII gene was used as the
target DNA, the VT shifted in a positive direction
only after single-base extension with the specific
deoxynucleotides that were complementary to the
base sequence of the target DNA. The change in VT

for three-base extension, GGG, was 6.9mV, which
was larger than that for one-base extension, but was
not three times as expected from the number of
intrinsic charges.77) Notably, the measured VT shift
was 3.2mV on average for single-base extensions; the
resulting probe density at the gate surface was 7.3 #
1011 cm!2. It is important to detect single-base
extension quantitatively to reduce the base-call error,
especially for continuous sequences of the same base.
The density and orientation of the immobilized
oligonucleotide probes have to be controlled during
a series of extension reactions at 72 °C. It is a more
effective and practical to use a modified nucleotide
with a reversible blocking group called a “reversible
terminator” instead of dNTPs. The blocking group
can be removed chemically for the next single-base
extension reaction. Using a reversible terminator, a
single-base synthesis can proceed one by one even for
continuous sequences of the same base, which leads
to more precise DNA sequencing. Using the sequenc-
ing method based on ISFETs, an electrical DNA
sequencing system has been developed by Ion
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Torrent using advanced semiconductor technolo-
gies.7) A large-scale array of 1.5 million ISFETs was
integrated with signal processing circuits in a 10 #

10mm2 chip, which was mounted in a flow cell. Up to

20 million bases could be analyzed per run. Primers
and DNA polymerase were bound to template-
carrying beads and the beads were then loaded into
wells arrayed on the semiconductor chip. In this
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system, the pH change caused by primer extension
was detected by the ISFET on the bottom of each
well. The system performance was demonstrated
through whole-genome sequencing of bacterial ge-
nomes. This is the first example of commercialized
DNA-immobilized FETs for analyzing DNA se-
quences with high speed and high throughput.

5.9. Liberated proteins. Enzyme-linked
immunosorbent assays (ELISAs) are commonly used
to detect biomarkers such as proteins. In this
technology, an antigen-antibody reaction is carried
out on a substrate, and the target antigen is
detected by generating optically detectable products
through the reaction of the enzyme bound to the
secondary antibody and the substrate. Horseradish
peroxidase and alkaline phosphatase, among others,
are usually used as enzymes for optical detection.
Recently, a proton ELISA was reported using
proton-sensitive ISFET in combination with GOD,
which was attached to the secondary antibody.79)

An antigen-antibody reaction was carried out on the
surface of the sensing region of the ISFET. The
surface of the pH-sensitive membrane of the ISFET
was treated with aminosilane to introduce amino
groups onto the surface, and the primary antibody
(capture antibody) was immobilized using glutaral-
dehyde. After the antigen to be detected was
specifically bound to the primary antibody, it was
reacted with a biotin-modified secondary antibody
(detection antibody) to construct a sandwich struc-
ture. Glucose oxidase, in contrast, was conjugated to
avidin, and the avidin-biotin bond was used to
conjugate glucose oxidase to the secondary anti-
body. Similar to the conventional ELISA, when the
antigen is present in the sample, it binds to the
capture antibody in the sensing region of the pH-
sensitive ISFET, and then when the detection
antibody conjugated with GOD is introduced, it
specifically binds to the antigen. Therefore, glucose
oxidase is bound to the pH sensing region depending
on the amount of antigen. When the substrate
glucose is introduced into the sensing region, protons
are generated in accordance with the amount of
glucose oxidase. The antigen concentration is
quantified by detecting the protons produced. On
the basis of this method, C-reactive protein (CRP)
was detected. A biotinylated anti-CRP antibody
was used as the detection antibody, and a 25mM
KCl aqueous solution was used as the measurement
solution to eliminate the buffering effect. Real-time
measurement of CRP was performed by proton
ELISA in these conditions, and CRP at a concen-

tration of 25 pg/mL was detectable. Because binding
between the antigen and antibody was strong, one
of the problems was that the ISFET chip can only
be used for one measurement because the capture
antibody was directly immobilized on the sensing
area of the ISFET. By combining the ISFET and
ELISA detection schemes, the antigen-antibody
reaction can be detected without depending on the
Debye length.

5.10. Live cell assay of membrane proteins
(cell-based FET). Not only biomolecules but also
cells can be placed on the gate surface of the
ISFETs.77),80)–85) A novel strategy for epidermal
growth factor receptor (EGFR) detection using a
cell-based FET with enzymatic chemical signal
amplification has been proposed.86) Among potential
biomarkers for cancer diagnosis in liquid biopsy,
circulating tumor cells (CTCs) and extracellular
vesicles (EVs) have membrane proteins that carry
molecular information on the biological process
through the metastatic cascade. The binding affinity
between molecular probes and surface proteins
expressed on CTCs is used for the capture and
detection of CTCs. Epithelial cell adhesion molecule
(EpCAM) is used as a specific biomarker in most
positive selection methods for CTCs, including the
CellSearch system, which has been approved by the
United States Food and Drug Administration. While
in the circulation, membrane proteins may change
throughout tumor progression. CTCs undergo epi-
thelial–mesenchymal transition (EMT) and, as a
result, the expression of epithelial markers, including
EpCAM, decreases, and the expression of mesenchy-
mal markers, such as vimentin, increases. Therefore,
both epithelial and mesenchymal markers should be
detected simultaneously to elucidate the mechanism
by which metastasis proceeds.

The detection scheme using the cell-based FET
is shown in Fig. 18. The system consists of an ISFET,
a capture material layer, cells, anti-EGFR antibody,
and secondary antibody with GOD.87) When a
glucose solution is added to the surface of the cell-
based FET, the local pH near the surface of the cells
changes, depending on the expression level of EGFR
(as a result of a GOD-glucose reaction). In this
scheme, extracellular matrix (ECM) gel was formed
on the surface of the ISFET as a capture material
layer. Cells are nonspecifically captured on the
surface of the ECM gel, so that the cells to be
analyzed are independent of expression of the specific
antigens. Antibodies conjugated with an enzyme are
then specifically bound to surface antigens to
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characterize the phenotypes of the cells. Upon
addition of the substrate for the enzyme, local pH
changes are generated on the surface of the FET
depending on the expression level of the surface
antigen. If multiple antibodies conjugated with
different enzymes, which should induce local pH
change as a result of reactions with their substrates,
are bound to the surface antigens, multiple antigens
can be detected by sequential addition of the
respective substrates.88) In the experiment, four
human breast cancer cell lines (BT474, MM231,
MM468, and MM453) were used as a model for CTC
to compare the expression levels of EGFR. The
expression levels of EGFR among the four cell lines
were determined using fluorescence-activated cell
sorting (FACS) in addition to the cell-based FETs.
The fluorescence intensity of MM468 was the highest
among the four cell lines. MM231 showed the second
highest intensity, followed by BT474, and MM453
showed the lowest intensity. Each cell line was seeded
onto the ECM gel-coated ISFETs, and an anti-EGFR
antibody and secondary antibody conjugated to
GOD were subsequently applied to the cell surfaces.
Then, after optimization of the glucose concentra-
tion, 10mM glucose solution was added to the
reaction chamber of each cell-based FET, and the
potential changes in response to the glucose-GOD
enzymatic reaction were monitored. The potential
shifts in 10min after the addition of glucose were
compared among the four cell lines, as shown in
Fig. 19. The size of the potential shift ("V) was in
the order MM468 > MM231 > BT474 > MM453,
which reflected the order of the expression levels of
EGFR. This tendency was consistent with the EGFR
expression level analyzed by FACS. Figure 20 shows
a comparison of EGFR expression levels measured by

the ISFET method and the FACS method. A good
correlation can be obtained between the pH values
measured with the cell-based FETs and the fluores-
cence intensities measured with the FACS, showing a
correlation coefficient of 0.976.

The sizes of the cells are in the order of a few tens
of micrometers, and, therefore, a single cell can be
placed on the surface of a single gate of the FET.
Selective capture of the cells could be realized based
on hydrophobic/hydrophilic control of the gate
surface.86),89) Using single-cell-based FETs, the num-
ber of cells that have higher expression of specific
antigens on the cell membranes can be counted. This
method can be applied to detect surface antigens

Run number

Fig. 19. Comparison of potential changes based on glucose-GOD
reactions among MM453, BT474, MM231, and MM468.
Reprinted with permission from J. Am. Chem. Soc., 144,
(2022) 16545–16552. Copyright 2022 American Chemical
Society.
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on the membranes of EVs. Although the size of an
EV is approximately two orders of magnitude smaller
than that of a cell, it is technically possible to
fabricate the gate of an FET whose size is comparable
to that of an EV. Therefore, a single EV could be
captured on a single gate of a nanoscale FET. EVs
are contained in bodily fluids such as urine and
saliva, and EV samples can be collected in a
noninvasive or minimally invasive manner.

6. Conclusion and future perspectives

More than 50 years have passed since the first
ISFET was reported by P. Bergveld in 1970. Since
then, significant progress has been achieved in the
field of solid-state biosensors. Various sensing devices
with high-density integration and flexible configura-
tion, as well as new applications for clinical diagnosis
and healthcare, have been developed using blood,
serum, and other bodily fluids such as sweat, tears,
and saliva. Intensive research on the working
principle, the gate materials, and the drift mechanism
during the early stage led to the commercialization
of a discrete pH-sensitive ISFET for laboratory use.
With the need to process a large amount of biological
information, a high-density array of ISFET was
developed by exploiting the advantages of advanced
semiconductor technologies, and commercialized in
combination with an enzymatic primer extension
reaction as a DNA sequencer in 2011. Accurate
detection of the target molecule is crucial not only for
early diagnosis and prognosis but also for healthcare
and the noninvasive monitoring of biomarkers. As
described in this review, different types of materials,
such as inorganic materials, metals, polymers, and
biomolecules, are mixed together on the surface of
the gate while maintaining their own functions;
therefore, compatibility among different materials
has to be optimized so that the best detection
performance of solid-state biosensors, including
stability and reliability, is achieved as designed.

In the field of medical treatment and diagnosis,
technologies to acquire biometric information non-
invasively and without constraints have attracted
attention. However, our ability to obtain biological
and medical information by external physiological
monitoring, to realize preemptive medicine, early
diagnosis, and healthcare, is currently limited.
Through liquid biopsy, it is possible to collect
samples in noninvasive and minimally invasive ways,
using bodily fluids such as urine and saliva as
samples, in addition to blood.90)–92) EVs and exo-
somes by themselves or miRNAs in exosomes are

attracting attention as promising biomarkers for
minimally invasive clinical testing in non-hospital
settings, such as a physician’s office or patient’s
home, because EVs, exosomes, and miRNAs are
present in urine and saliva. Solid-state biosensors are
suitable for the rapid, cost-effective, and noninvasive
identification of biomarkers at various timepoints
during a disease’s course. The development of a new
platform for detecting circulating free DNA, circulat-
ing tumor DNA, miRNAs, EVs, and exosomes is at
the forefront of efforts to demonstrate the effective-
ness of liquid biopsy for disease diagnosis as well as
prognosis, early diagnosis, preemptive medicine, and
healthcare.

In the semiconductor industry, the limit of
miniaturization of transistors has been pointed out,
and research aimed at diversification has also been
conducted in parallel with research in pursuit of the
limit of miniaturization. As one direction for such
diversification, the integration of semiconductor
devices and biotechnology is being considered. A
solid-state biosensor is one such concrete example for
the medical and life sciences. It will also be applied
to information processing devices that directly use
tissues, cells, and biomolecules in combination with
semiconductor devices in the future. In semiconduc-
tor devices, electrons (and holes) serve as carriers of
information, and the flow of information is controlled
by p-n junctions and field effects in semiconductor
crystals. Electrons can be carriers of information
because they have electric charges. However, ions can
also serve as information carriers because they have
electric charges. Unlike electrons, ions have charac-
teristics such as positive/negative charge, valence,
and mass, and various properties such as the
potential for using electrode reactions on the surface
of metal electrodes and equilibrium reactions at
interfaces between different materials for signal
processing. In addition, ions in an ionic conductor
generally diffuse more slowly than electrons in a solid.
We have proposed the use of ions in addition to
electrons as carriers of information.93) By controlling
ion transport in materials using redox reactions and
equilibrium reactions involving ions, it would be
possible to realize characteristics and functions that
cannot be achieved with conventional semiconductor
materials such as silicon. We believe that information
processing devices can be created, and that a new
research field called “iono-electronics” will be estab-
lished. We have already reported a sensor device94),95)

that combines a field effect transistor with a solid
electrolyte, and a chemo-mechanical signal conver-
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sion device61) that uses a polymer gel on a field effect
transistor. In addition, similar studies such as on an
“ion circuit” using polymer electrolyte,96) cell culture
by an electrochemical transistor using conductive
polymer,97) and an “atomic switch” using the depo-
sition and dissolution of solid electrolyte98) have
recently been reported. We hope that these studies
will develop further in the future to reinforce the new
trend of “iono-electronic” devices.99),100)
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