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o-NPOE 2-nitrophenyloctyl ether
p(HEMA) Poly(2-hydroxyethyl methacrylate)
PECVD Low temperature chemical vapour deposition
PEDOT Poly(3,4-ethylenedioxythiophene) polymer
PEG Poly(ethylene glycol)
PMOS P-type metal-oxide-semiconductor
PVC Polyvinylchloride
RE Reference electrode
ReFET Reference FET
Si3N4 Silicon nitride
SIROF Sputtered Ir(Ox) films
SNP Single-nucleotide polymorphism
SsDNA Single-Stranded Deoxyribonucleic acid
Ta2O5 Tantalum oxide
UV exposure Ultraviolet exposure
WE Working electrode

2.1 Introduction

The need to record directly the sensing target of interest in the vicinity of where a
physiological and clinically relevant event takes place, rather than indirectly or
through surrogate measures, has led to the need for implantable monitoring devices.
In addition to ensuring the sensitivity and specificity of sensor responses, issues
related to sensor fouling, drift, biocompatibility, and hermeticity of the packaging
are important considerations. This chapter examines the current state of the art of
sensing techniques, focusing on electrochemical methods (potentiometry, amper-
ometry, and voltammetry), due to their simplicity in design and fabrication [1], as
well as low-power operation. The basic principles of sensor operation and fabri-
cation, with due consideration of these sensors when embodied as an implantable
system, will be discussed.

2.2 Potentiometric Ionic Sensing

Potentiometric sensors represent an important family of sensors typically used for
the detection of ions. Monitoring of various ion concentrations can provide valuable
insights into the state of tissue and the underlying biochemical processes. Here we
will discuss different potential ionic targets and the basic theory of potentiometric
sensing, as well as clinical examples.
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2.2.1 Ionic Targets

The most common application of ion sensors is their use in the clinical analysis for
example in blood. Electrolytes such as Na+, K+, Cl−, Ca2+, Mg2+ and pH are
routinely measured using ion sensors in clinical analyzers (HTA) and point-of-care
(POC) discrete instruments [2]. Magnesium (Mg2+) is the eleventh most common
element, the fourth most common cation in the human body, and the second most
common intracellular cation [3]. It is essential to all cells, as more than 300
enzymes need magnesium ions for their catalytic action (including all enzymes
synthesizing or utilizing ATP, or those that synthesize DNA or RNA). Intracellular
Mg2+ correlates with intracellular potassium (K+), which is also essential for the
function of all living cells. Figure 2.1 illustrates the intracellular and extracellular
ions, their concentrations and ionic shifts taking place.

Another common element in the human body is K+. It is the main intracellular
cation and is essential in neuronal function and in the osmotic balance between cells
and the extracellular fluid. K+ is the predominant ion inside a cell (typically
140 mM [4]), being one to several orders of magnitude higher than Na+, Ca2+, and
Cl−. Thus, intracellular K+ essentially determines cytoplasm volume. The extra-
cellular space, however, contains low levels of K+ [5, 6]. Cellular loss of K+,
leading to its extracellular accumulation, is one of the most prominent ionic shifts in
early ischemia [7]. In general, cellular loss of K+ takes place in three distinct
phases: (1) an initial rapid increase of extracellular K+ is followed by (2) a plateau
and (3) a secondary increase. The latter is only partially reversible and hence marks
the beginning of irreversible ischemic damage [7]. Thus, extracellular K+ increases
due to the loss of the intracellular K+. According to [8], dysfunction of the sodium–

potassium pumps due to ATP reduction and activation of potassium channels where
the intracellular compartments are filled with water are key factors for the increase
of K+ in extracellular space during ischemia. According to [9], in cellular cultures,
potassium leaks out of dying cells, leading to elevated extracellular potassium
ranging between 1 and 150 mM K+.

On the other hand, Na+ is the main extracellular cation. The concentration
difference between K+ and Na+ leads to a potential difference, known as the

Fig. 2.1 Intracellular and
extracellular ions and shifts.
Reprinted from [4], © 2001
with permission from Elsevier
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membrane potential. Na+ regulates blood volume, pressure, osmotic equilibrium,
and pH. “Cellular and whole body Na:K ratios are crucial to the maintenance of
normal blood pressure” [3]. The Na:K ratio may become too high via high Na+ or
low K+, or indirectly by Mg2+ deficiency, leading to hypertension.

Extracellular Ca2+ concentration increases at sites of infection from its typical
baseline, which ranges between 0.9 and 1.2 mM [10]. In addition, calcifications at
sites of chronic inflammation or ischemic necrosis have led to the conclusion that
extracellular Ca2+ concentrations also increase in sterile inflammation in addition to
infectious inflammation [10]. According to [10], increased extracellular Ca2+

concentration can lead to the amplification of the inflammatory response.
Monitoring of tissue pH can be used as a means of assessing the ischemic state

of tissues, especially since its value follows cell metabolism, and it can thus be
considered as a direct method for monitoring ischemia [11–14]. A lack of oxygen
delivery to the tissue, due to ischemia, can lead to a decrease of intracellular pH.
This is due to glycolytic lactate acid generation and ATP depletion processes [8].
The tissue acid–base balance is maintained by the release of energy by ATP (which
releases protons) and the re-synthesis of ATP (which consumes protons). When
oxygen delivery to the tissue is inadequate and fails to synthesize the amount of
ATP to address the metabolic needs of the tissue, the rate of proton release exceeds
the rate of proton consumption. As a result, the pH decreases proportionally.
A significant blood loss induced by trauma, for example, can lead to a reduced
perfusion of tissue. This reduced supply of blood to tissue has as a consequence the
increase of CO2 and lactic acid, leading inevitably to a pH decrease. Measurement
of tissue pH provides localized assessment of metabolic and blood flow abnor-
malities. If the body pH is significantly reduced below 7.4, acidosis takes place.
Many chemical reactions taking place in the human body, especially those related
to proteins, are pH dependent. If the pH decreases below 6.8 or increases above 7.9,
cell death occurs. As discussed in [15], once the tissue becomes acidotic, pH cannot
offer any more information regarding the progression of ischemic injury. According
to [8], it is the end of the active metabolic processes (glycolytic lactate acid gen-
eration and the ATP depletion) that gives rise to the decrease in pH that leads to a
plateau in the measured pH value. Measurements of pH are regularly used to
monitor tissue hypoxia [8], while low pH values have also been found in tumor
tissue. Nevertheless, it is affected by other parameters, such as temperature, and its
application is further restricted as it provides information only for the area in
contact with the pH sensor. From the above, it is evident that human health is
closely related to pH homeostasis, and its fluctuations, in addition to indicating
ischemia, are also related to atherosclerotic plaque development, inflammation, and
tumor growth [16]. Ionic sensors are therefore an important class of sensors for
providing valuable information regarding the state of tissues and patients.
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2.2.2 Basic Theory of Ion Sensing

Thefirst significant commercial contribution in thefield of potentiometric sensingwas
in 1932, when Arnold Beckman developed the pH glass-based liquid electrode [17].
pHprovides ameasure of the amount of hydrogen ions (H+) and hydroxide ions (OH−)
in an aqueous solution. A solution is defined as being neutral when the hydrogen ion
concentration is equal to the hydroxide ion concentration. When this is the case, the
pH is equal to 7. This is the case for water at 25 °C, where the concentrations of
hydrogen and hydroxide ions are both 1 � 10−7 mol l−1. If the H+ ion concentration
increases, pH decreases and when the concentration of OH− ions increases pH
increases. A low pH value (between 0 and 7) describes an acidic solution, while a high
pH describes an alkaline solution (between 7 and 14). pH is given by the decimal
logarithm of the reciprocal of the hydrogen ion activity, aH+, in a solution.

pH ¼ �log10 aH þð Þ ð2:1Þ

A standard pH potentiometric system consists of a reference electrode (RE) and
a working electrode (WE). The former generates a constant potential irrespective of
the ionic composition of the solution, while the latter generates a voltage which is a
function of the hydrogen activity of the solution. Thus, a pH sensor can be con-
sidered as a voltage source, i.e. a battery. The series resistance of the source
depends on the electrodes composition and configuration. The lower the pH, the
larger the potential difference measured between the two electrodes and vice versa.

When equilibrium has been reached, the expressions for the ion-selective
membrane phase (usually organic) and electrochemical potential in the aqueous
phase are equal, so the phase-boundary potential (EPB) can be expressed as:

EPB ¼ Du ¼ � l0org � l0aq
zIF

þ RT
zIF

ln
aI; aqð Þ
aI; orgð Þ

ð2:2Þ

and when l0org ¼ l0aq

EPB ¼ RT
zIF

ln
kIaI; aqð Þ
aI; orgð Þ

; ð2:3Þ

where µ is the chemical potential (µ0 under standard conditions), kI desctribes the
phase transfer energy, zI is the charge, and aI is the activity of ion I, / is the
electrical potential, T is the temperature, F = 96,485 C mol−1 is the Faraday con-
stant, R = 8.314 J (K mol)−1 is the gas constant and kI is the phase transfer energy.
The Nernst equation is expressed as:

EM ¼ E0 þ RT
zIF

ln aI; aqð Þ
� �

; ð2:4Þ
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E0 includes all the constant contributions, where the phase boundary potential is
proportional to the logarithmic value of the activity ideally with a slope of
59.154 mV per decade for monovalent ions and for divalent ions 29.6 mV per
decade at 25 °C. The modified Nernst equation is usually called the Nicolskii–
Eisenman equation, and it is given by

E ¼ E0
I þ

RT
zIF

ln aI; IJð Þ þKpot
IJ aJ; IJð Þ

zI
zJ

� �
; ð2:5Þ

where, aI,(IJ) and aJ,(IJ) are the activities of the primary (I) and interfering ions (J),
Kpot
IJ represents the selectivity coefficient. The activity of aI,(I) is related to the mixed

ion activity aI,(IJ) according to

aI; Ið Þ ¼ aI; IJð Þ þKpot
IJ aJ; IJð Þ

zI
zJ ð2:6Þ

The smaller the coefficient, the better the selectivity of the sensor is. When Kpot
IJ is

very small, the part on the right-hand side of the equation approaches the primary
ion activity aI,(I) without interfering ions, and therefore interference is negligible. If
there is more than one interfering ion in the solution, the sum of the selectivity
coefficients

P
J K

pot
IJ aJ

� �
must be used. In mixed solutions, the potential response of

an electrode obtained according to the Nicolskii–Eisenman equation will be dif-
ferent depending on the charges of primary and interfering ions [18].

If we consider pH sensors according to the Nernst equation, a pH sensor gen-
erates an ideal 59.154 mV pH−1 slope at 25 °C

E ¼ E0 � 2:303
RT
F

pH ¼ Eo � 0:05916 � pH; ð2:7Þ

where E is the voltage of the hydrogen electrode and pH is the hydrogen ion
concentration being measured. E0 is the standard electrode potential. In metal–
metal-oxide (MMO) electrodes, E0 is a constant that lumps together the standard
potentials, the metal oxide solubility product, and the water ionization product [19].
Generally speaking, it is a constant potential difference that is independent of the
sample composition, but depends on the temperature and the type of the reference
electrode [20]. According to [21], in the case of a standard hydrogen electrode
(SHE) E0 has a value of 926 mV and in case of using a Ag/AgCl RE has a value of
577 mV [22]. The intercept of the mV versus pH curve of the sensors response with
the y-axis for pH of zero indicates the value of E0. Variations in E0 can in the case
of IrOx electrodes, for example, be “due to variations in the stoichiometry of oxide
compounds and the difference in oxidation states of iridium oxides” [22].
Additional factors related to the mechanical and chemical properties of the films as
well as the hydrodynamics related to the redox processes taking place will influence
the response of the sensors and lead to deviations between identical sensors [22].
The slope of the measured response is calculated by
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s ¼ � V1 � V2

pH1 � pH2
; ð2:8Þ

where V1 is the potential difference measured with a solution with pH1 and V2 is the
potential difference measured with a solution of pH2. The intercept for a temper-
ature (T) in kelvin is found by:

V 00 ¼ V1 � S � pH1

T
; ð2:9Þ

where V″ is the potential difference measured in the solution being characterized.
According to the Nernst equation, at T = 25 °C, where the sensitivity of the

sensor is equal to ±59.14 mV pH−1, for pH between 0 and 14, the voltage mea-
surement can range between ±414 mV, and at T = 80 °C, where the sensitivity of
the probe is ±70 mV pH−1, between ±490 mV. A typical pH measurement system
produces at pH = 7 a zero voltage, has an accuracy of 0.05 pH between T = 20–
25 °C, a resolution of 0.01 pH (=>0.1 mV) and a reaction time less than 1 s for
95% of the final value [23]. The pH sensitivity of −59 mV pH−1 at room tem-
perature is well known as a Nernstian slope. However, depending on the surface
and the formed microstructures and oxidation states of the ion-sensitive films and
membranes, and thus the fabrication process, this slope may vary. Therefore, in [21]
a sensitivity of −49.7 mV pH−1 was demonstrated, while, as will be discussed in
following sections, certain films such as IrOx produce super-Nernstian responses.

All interfaces in the galvanic cell must be dominated by fast, reversible, and
well-established faradaic charge transfer [2]. A practical potentiometric measure-
ment of the potential difference across a galvanic cell requires an open circuit
potential (OCP) measurement. Potentiometric measurements are performed with a
zero faradaic current. Thus, high input impedance is mandatory for the measure-
ment. This is in contrast with the amperometric, conductimetric, and impedimetric
type of sensors.

The definition of the response time of a pH sensor is given as the time needed for
the potential change induced by a pH unit change to reach 90% of its final equi-
librium value. Issues regarding stability and repeatability in the measurements are
related to potential fluctuation (ΔV), potential deviation (dV) and potential drift (V′)
and hysteresis (dV) as discussed in [22]. These are illustrated in Fig. 2.2. ΔV is a
small non-random voltage fluctuation caused by electronic noise or interference and
motion artifacts such as liquid motion. This can be in the range of ±0.3 mV
and ±1 mV. dV is defined as the difference in measured potential responses
between different tests when using the same electrode in the same solution.
Reported values are less than 5 mV [22]. For recorded potentials varying between
−0.07 and 0.46 V for pH between 1.5 and 12.1, the proposed ideal resolution is
0.02 pH mV−1. Nevertheless, due to a dV = 5 mV, the minimum pH sensing res-
olution is 0.1 unit of pH. The difference between the peak recorded potential and
the 90% value of the saturated recorded potential is defined as the V′. This can range
between 3 and 10 mV, with the potential stabilizing within 5 s. Hysteresis, is
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defined as the dV obtained when comparing measurements obtained from solutions
with the same value of pH within the same experiment. Reported values range from
0.3 mV and can be as large as 23.7 mV [22]. In iridium-based pH sensors, dV can
be minimized by creating high-quality IrOx films in terms of thickness, amor-
phousness and porosity [22]. The theoretical temperature dependence of potentio-
metric pH sensors is 0.3, 0.8, 1.3, and 2 mV °C−1 for pH of 2, 4, 7, and 10,
respectively. Drift is a change in baseline potential over time, while the loss of
sensitivity has a decreasing slope [20].

2.2.3 Ion Selective Electrodes

There are many different ways to develop an ion sensor. The classical pH electrode
is the glass-based electrode sensor, which, however, has a number of drawbacks
when considering its use for biomedical applications. These include slow response
times, instability in fluoride, hydrofluoric acid, and silane solutions, the need for
recalibration, and their susceptibility to membrane fouling, leading to loss of pre-
cision and accuracy. In physiological measurements, rapid pH measurements are of
interest, as is the steady state value. Because of the very high impedance of these
electrodes (multiple GXs), these sensors require a high impedance meter [24],
complicating the recording electronics. Due to their mechanical fragility, large size,
and lack of deformability [22], they are unsuitable for in vivo and implantable
applications.

Ion Selective Electrodes (ISEs) were first described by Cremer [25]. The dis-
covery of antibiotics and selective binding cations gave a push to the field of ISEs.
In the last two decades, solid state pH sensors have been developed in an effort to
tackle the issues associated with glass-based electrodes [26]. The ionic markers
discussed earlier can be monitored using solid contact ISE sensors instead of
glass-based ones. Similarly to standard glass-based sensors, these are transducers,

Fig. 2.2 a Potential fluctuation (dV), deviation (DV) and drift (V′) are characteristics defining
stability and repeatability, while b hysteresis (dV) a defines the reversibility of the sensor.
Reprinted from [22], © 2011, with permission from Elsevier
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which produce a change in their equilibrium d.c. electrical potential, which is
related to the activity of a specific ion in the solution. The potential is measured as
the difference between an RE of constant potential and a working electrode, the
surface of which is modified by an ion-specific membrane, since this process has to
be selective. ISEs are very simple, robust sensors, which can be easily miniaturized.
In addition, they are very sensitive, reaching sensing limits as low as
parts-per-billion (ppb) [20]. They are based on the ion transfer processes taking
place between the solution and the ion-sensitive membrane. The interaction of the
analyte with the membrane leads to a non-uniform charge distribution, which gives
rise to a change in electrode potential. As discussed in [27], the response of
potentiometric sensors, i.e. the recorded signal, does not depend on the size of the
active area of the sensor. Thus, due to their size independence, the response of these
sensors will not change as their dimensions are reduced to micro and nano scales. It
is important to note that when multiple ISEs are used there is a need for only one
reference electrode. Nevertheless, each ISE will have its own baseline and slope
[20].

Noble metals with stable oxides and reasonable conductance are one possible
implementation of the ion-selective membrane, forming what are known as metal/
metal-oxide and metal-oxide/metal-oxide electrodes [28]. They have an intrinsic
mechanical stability and they can be easily miniaturized using semiconductor
fabrication technology, making them CMOS compatible. Metal oxides absorb
hydrogen atoms at the surface sites, changing the valency of the oxygen atom. This
leads to the formation of an OCP difference between the two electrodes, the
magnitude of which is proportional to the solutions pH [24]. Iridium oxide is a
well-documented material [28–33], which can be formed hydrated or unhydrated
[28, 30], with the hydrated form exhibiting super-Nernstian responses.

An alternative to MMO electrodes is solid-contact conductive polymer elec-
trodes. These have been extensively reviewed in [34, 35]. Functional polymers
(such as conductive polymers like polyaniline and polypyrrole) can be designed to
selectively swell and shrink so that, depending on the analyte’s concentration. They
can change their mass and elasticity. Polymer pH sensors react to these changes due
to the protonation and deprotonation of nitrogen atoms in the polymer film. In
conductive polymers, protons added to the material make them more conductive.
Linear polyethylenimine (L-PEI) and linear polypropylenimine (L-PPI) polymers
are particularly suitable for biosensing applications due to their strong bonding to
electrode surfaces [24].

For the detection of K+, Na+ and ammonium (NH4
+), valinomycin, monensin

and nonactin are respectively used [17, 36–38]. In comparison to glass electrodes,
in ionophore-based ISEs the chemical structure of the ionophore can be tailored
such that a very high selectivity is achieved [39, 40]. Today there are ISEs for more
than 60 different ions. ISEs can be used for the measurement of polyions, such as
heparin and protamine, inorganic ions [41, 42], and also neutral species such as
CO2, O2, SO2 [43–45], water, ammonia, organic amines, alcohol and non-ionic
surfactants [41]. Advances in the host–guest chemistry for ISEs and the under-
standing of their theoretical response mechanisms led to the development of the first
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clinical analyser and its commercialization in 1972. Nowadays ISEs are almost
irreplaceable in clinical analysis for detection of ions of clinical relevance, such as
K+, Na+, Ca2+, Mg2+, and Cl−. ISEs determine the concentration of free ions in
comparison with other methods, such as atomic absorption spectrophotometry
(AAS) or inductively coupled plasma mass spectrometry (ICP-MS) techniques used
to determine total ion concentration.

Lipophilicity of the ISE’s membrane is defined as p = log k, with k being the
distribution coefficient of the different species between water and normal octanol
[46]. Ionophores and ion-exchangers of low lipophilicity (p < 6), e.g. unsubstituted
tetrakis(phenyl)borates, can leach from the ISE membranes relatively fast, so that
the bulk resistance of the membranes increases 2–3 times within a few days, even at
room temperature. Most of the used ionophores (charged or neutral), as well as ion
exchangers, are highly lipophilic, with p = 8.

No matter what technique is used for the functionalization of the electrodes,
deposited ion-sensitive membranes should have good adhesion to the sensor sub-
strate. An issue with ISEs is the membrane lifetime. Membrane failure is mainly
caused by partial detachment of the sensing membrane from the conductive surface
or by the loss of the ionophore, plasticizer or carrier from the polymeric membrane
film used due to leaching of some of the components into the surround solution.
Leaching of the ionophore from its polymer matrix can influence the lifetime of a
selective membrane. Insufficient lipophilicity of the membrane components is a
dominant reason for the limited lifetime of ISEs; the more lipophilic the ionophore,
the longer the lifetime of an ISE. Several approaches to how to improve it are
discussed in [47]. For example, in the application of ISEs having a minimum
lifetime of one month in clinical analysis, it requires a lipophilicity (log Pc) in
regular 200 µm thick membranes of 11.3 and greater. It is possible to increase the
lipophilicity with attachment of longer alkyl chains to the ionophore’s body. The
attachment of an ionophore to a plasticizer-free polymer matrix has also been
reported with minimal or no loss of the ionophore’s functionality [48–50]. The
lower detection limit is dictated by the presence of the complexed primary ions in
the membrane, where the upper limit is determined from the fact that the counte-
rions must not enter from the sample side. When simultaneous extraction of a
primary ion and its counterion (coextraction) occurs, the response slope is changed
[51].

Ion exchangers allow for a proper electrode response and also have another
important role. Membranes containing only ionic sites in a polymer matrix will still
exhibit some selectivity based on the lipophilicity of ions due to their ion exchange
properties. The more lipophilic ions have a lower hydration energy and partition
more easily into the organic membrane phase from the aqueous solution [52, 53].
The physical and chemical properties, such as the polarity, and lipophilicity can
have a significant effect on the ion-selective electrode selectivity and response time
[54, 55]. Apolar and polar plasticizers can be distinguished based on the dielectric
constant. Apolar plasticizers, such as bis(2-ethylhexyl)sebacate (DOS), promote the
formation of ion pairs within the membrane [56].
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The formation of ion pairs can significantly influence the slope of the response.
If a divalent ion M2+ forms ion pairs with a monovalent ion A−, the phase transfer
equilibria are dictated by MA+ as the predominant species, and the slope, charac-
teristic for monovalent ion, can be obtained [57]. A polar membrane containing
2-nitrophenyloctyl ether (o-NPOE) shows an increase in selectivity for alkali ions
due to decreasing coordinating ability [58], which is the reason for improvement of
the detection limit [59]. There are several problems associated with using plasti-
cized PVC. Some disadvantages are related to the possible leaching of the plasti-
cizer from the membrane into the sample. While it shortens the lifetime of an
electrode, it can significantly affect in vivo measurements due to inflammation and
toxicity to the surrounding tissue [60]. In the case of microelectrodes, the specific
resistance of the membrane can be increased, which can affect the electrode re-
sponse [61]. The adhesion towards the matrix is important because the formation of
an aqueous layer between the ion-selective solid-based membrane and metallic
conductor can significantly impair the response [62]. The development of polymers
that are self-plasticizing, such as polyurethanes [63], polysiloxanes [64], and
polyacrylates [65], is a significant and active area of research. Other plasticizer-free
polymers, prepared by one-step polymerization, are methacrylate and methacrilate–
acrilate copolymers [66].

Nowadays ISEs are miniaturized, robust, and solid state and use integrated solid
state REs. The main sensors developed for use in clinical environments are H+, Na+,
K+, Ca2+, and Cl−; also used are Li+, Mg2+, NH4+, trace metal ion detection, and
organic ion detection. Improved selectivity and sensitivity are achieved with new
affinity ligands [67].

Another important family of potentiometric sensors are ion-sensitive field effect
transistors (ISFETs). As discussed in [68], the line separating ISFETs (and thus also
ChemFETs) from ISEs with integrated electronics is very thin. In an ISE, there is a
conductor between the selective sensing membrane and the transistor gate (similarly
to an extended gate ISFET), and an operational amplifier-based voltage follower is
used instead of a single transistor. Active ISEs demonstrate improved thermal
stability and reduced photo-induced junction currents. ISE membrane deposition is
performed following the CMOS fabrication process. Active ISEs demonstrate an
improved response time to chemical changes in contrast to passive ones. CMOS
ISEs have been reported with a lifetime in excess of 120 days, with response time
within 5% of the ideal and a 10 µM detection limit.

2.2.3.1 Iridium Oxide MMO pH Sensors

In vivo pH sensing is an important target for implantable systems. In general, pH
sensing can be achieved by using iridium oxide metal–metal-oxide (MMO) sensors
or polymer-based pH sensors. The ideal characteristics of these MMOs are dis-
cussed in [19]. According to [16, 19, 69], the advantages of IrOx films over other
pH-sensitive oxides include a wide response range, fast response time, high pH
sensitivity (a super Nernstian response, i.e. greater than 59 mV pH−1), minimal
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potential drift, low sensitivity to redox pair interference (thus high chemical
selectivity), and finally high durability. IrOx has also demonstrated an outstanding
stability over wide pH ranges and in different solutions. They are also characterized
by a low impedance and low temperature dependence [33]. Thus far, there are many
methods for the fabrication of IrOx functionalized electrodes for pH sensing.
Sputtered IrOx (SIROF) is costly and the fabrication protocol is hard to optimize.
Thermal oxidation requires very high temperatures (500–800 °C) and the film may
crack if it is incompatible with a CMOS process. Anodic deposition based on
electrolysis is an economic solution; however, process parameters can easily affect
the deposition efficiency. Electroplating allows the formation of hydrous (electro-
chemical growth in aqueous solutions) IrOx on target planar microelectrodes
selectively, using relatively inexpensive compounds of iridium. Hydrous IrOx leads
to higher sensitivities [16]. According to [69], the above make IrOx “one of the best
choices as sensitive material for pH electrodes”. Its use has also been discussed
within the context of muscle and nerve electrical stimulation. Another advantage of
(electrochemically generated, AIROF, not thermally) iridium-based pH sensing is
the compatibility of the material with CMOS processes.

The authors in [70] discuss in detail how different applied potentials for the
oxidation and formation of the IrOx film change the oxidation state of the film. At a
constant pH the change is reflected in the OCP. A higher OCP corresponds to an
oxide with higher valence and leads to higher sensitivity. Thus, the OCP at pH 0
increased from 490 to 825 mV and the slope from 62 mV pH−1 to 73.6 mV pH−1.
In this way, the OCP recorded can be fine-tuned, e.g., for a specific power supply,
so that the sensor response can be compatible with the output swing of the pH
recording amplifier. In addition, the thicker the oxide the slower the response of the
sensor to a pH change (350 vs. 40 ms), while in terms of drift the sensors are
characterized as electrochemically stable, with a drift less than 300 µV h−1 [70].

The characteristics of these devices and the variety of different fabrication
methods of IrOx pH sensors are discussed and summarized in [71]. As discussed in
this paper, the potential drift, which causes errors in the measurement of pH,
depends on the oxidation state and hydration of the oxide film and the preparation
method used for the film. The fabricated sensor exhibited OCP changes between
700 and −100 mV for pH 0 to pH 14 and thus a slope of 59 mV pH−1, with no
hysteresis and no changes in sensitivity, but a small 5 mV drift within 100 days.
During a two-day continuous experiment at a pH of 6.6 the sensor demonstrated a
relatively constant potential of 321.2 mV with a deviation of less than ±0.2 mV.
Part of this could be due to temperature variations. The response time of the sensor
to a pH change was considered to be less than 0.2 s. In [72] a drift of ±0.03 pH h−1

was reported for AEIROF and responses of −71 mV pH−1 and −61 mV pH−1

varying from 700 to 120 mV between pH of 3 and 10.
Sol-gel is a simpler and economical approach. Sol-gel based IrOx has low

temperature dependence, low interference and low voltage drifts. Potential differ-
ences from 500 to −100 mV between pH 0 and 12 and a 58.5 mV pH−1 sensitivity
is demonstrated. However, both AIROF and SIROF films are more sensitive due to
their higher porosity. In [22, 73], response times from 2 to 60 s were reported for
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flexible iridium oxide fabricated with a sol-gel process. The response time is mainly
affected by the porosity of the sensing membrane. The sol-gel process results in a
lower porosity (reduced response time). Lower porosity, however, means lower
sensitivity. The measured potential differences ranged from about 500 to −200 mV
and sensitivities from 57 mV pH−1 to 63.4 mV pH−1.

In [74], the authors again used an IrOx pH electrode and a Ag/AgCl reference
with sensitivities of 69–71 mV pH−1 and OCP varying between 500 mV and 0 V.
In order to protect the electrode from corrosion by physiological electrolytes a
biocompatible ionophoric coating was used (Nafion). In [75], implanted pH sensors
were used to assess in vivo tissue trauma in the brain. Following characterization,
the sensors were dipped in Nafion. AIROF electrodes were also coated with Nafion
in [19] in order to stabilize the response of the sensors and to protect them from
chloride and protein adsorption. Nafion coatings were also used in [76] and once
again improved the stability and selectivity of the sensor. IrOx was once again used
with a 80–90 mV pH−1 sensitivity and an E0 from 800 to 400 mV. Nafion was also
used in [77] in AIROF electrodes. According to [78], most metal oxides, such as
IrOx, are electronic conductors and thus they will respond to solution redox species.
This will lead to large measurement errors. Many of these interferences can be
eliminated or attenuated by coating the electrode with Nafion. There is, however, a
tradeoff. The thicker the Nafion coating is, the greater the attenuation and thus
elimination of the effect of interference, but the slower the response time of the
electrode will be to a change in pH. This equilibration time was found to be a
function of pH and it can reach a maximum value of 2 min [78].

The cytotoxicity of IrOx has been examined and has been found not to be toxic,
with cells adhering and surviving on Ir surfaces. Table 2.1 compares and sum-
marizes the published literature in terms of MMO pH sensor characteristics and
fabrication methodology. Different methods are used, such as electrochemical
growth (AIROF), electrodeposition, sputtered coating (SIROF), thermal, and
printing methods.

2.2.3.2 Polymer-Based pH Sensing

Polyvinylchloride (PVC) is the most used polymer for solid state ISEs.
Immobilization of the PVS membrane is via adsorption through Van der Waals
interactions; thus adhesion to the surface is poor. In this case, stability and repro-
ducibility could be a problem [91]. Leaching of components from the membrane
will lead to a short lifetime and a loss of functionality. Leaching from covalently
linked benzo-18-crown-6 with multi-walled carbon nanotubes (MWCNT) was
studied in [92]. It is known that PVC is not haemocompatible [93]. Possible
rejection and passivation of the sensor can be observed during blood fouling [94].
Thick PVC layers can hinder ion diffusion through the membrane. The thermal
stability of these is low; thus one must consider the application they are intended to
be used for [90].
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Modification of the ISE surface is discussed in [95]. Poly(ethylene glycol)
(PEG) and phosphorylcholine [96, 97] are used as hydrophilic materials so as to
improve the sensor biocompatibility. Phosphorylcholine mimics the zwitterion
nature of phospholipid moieties which is observed on the cell membrane surface
[98]. PEG binds water molecules and creates a hydrophilic barrier which prevents
protein adsorption.

It is evident from the above discussions that the field of polymeric pH sensors is
an active research field. In [83], a Nernstian slope of 59.9 mV pH−1 was achieved
between pH 2 and 9 with a measured potential difference between 200 and
−150 mV. In [20], a conductive polymer pH sensor had a response time of
t90% = 45 s and slopes between 59.8 and 62 mV pH−1. In [84], a pH sensor was
developed using a metal Pt electrode electropolymerized by a pyrrole conductive
polymer and a drop-cast PVC neutral carrier membrane. This sensor exhibited a
Nernstian response, a response time less than 1 s, an impedance of 10 MX (the
measurements are performed without sophisticated shielding and integrated am-
plifiers), and a potential drift of less than 250 µV d−1, corresponding to a pH drift of
5/1000 pH units day−1.

2.2.3.3 In Vivo pH Sensing

There is significant interest in the use of pH sensing for tissue ischemia, as pH can
be used as a marker for ischemia. In [13], tissue pH due to ischemia changes from
about 7 to 6.5 within an hour of induced ischemia. In [99], within 45 min of
induced ischemia, the measured pH changed by 0.8 (from 7.4 to 6.6) and K+ by
30 mM. Measurements were performed using commercially available ion-selective
electrodes. In [8], pH changed from 7.4 to 6.4 within 40 min of induced ischemia.
In a number of papers (e.g. [8, 15, 99]), the measured tissue pH initially decreased
rapidly on the onset of ischemia and it subsequently stabilized to a constant value.
This is presumably due to the tissue becoming acidic, marking the end of all
metabolic processes giving rise to the pH decrease. This was argued to be a dis-
advantage of pH measurement when compared to tissue bio-impedance.
Intracellular pH falls by 0.5–1 pH units during cerebral ischemia and the extra-
cellular space becomes more acidic within 20 s of ischemia. According to [100–
102], one of the main problems with tissue pH measurements is that they are not
sufficiently stable during long-term measurements. Drifts, which have been
described as unacceptable, greater than 0.48 pH units per 100 h were reported in
[101]. According to [101, 103], the deposition of proteins on the surface of glass pH
sensors during tissue pH measurements leads to measurement errors, producing a
rise in measured pH. This protein deposition potentially creates an additional
junction potential, which in turn leads to this pH increase. Other sources of drift are
temperature variations, patient movement, and RE junction potential variation.
A second pH sensor was used to simultaneously measure the pH of healthy muscle
tissue (pH between 7.38 and 7.44) in order to compare this with ischemic muscle
tissue pH. The pH measured from the healthy site remained somewhat constant
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throughout the experiment, between pH 7 and 7.2. The pH of the compromised
tissue was initially at a lower pH value of 6.9. At the moment of occlusion, the pH
started to decrease. Within one hour of occlusion, the pH dropped to 6.5. Within
minutes from the release of occlusion, the pH increased to 6.9. In [101], 120 h of
pH measurements from a patient with good post-operative recovery remained
essentially constant and averaged a pH of 7.4, which is within healthy levels.
Results obtained from a patient with an ischemic episode indicated a pH decrease
5 h following surgery. During this period, pH decreased by 0.4 pH units. Paper
[104] reports pH changes of pH 0.73 between pH 7.08 to pH 6.35 within three
hours (i.e. −0.0041 pH min−1) of tourniquet on canine hind limbs, a drop of pH
0.66 within an hour (i.e. −0.011 pH min−1) via arterial occlusion, a drop of pH 0.27
within an hour (i.e. −0.0045 pH min−1) via venous occlusion and a drop of pH 0.55
within an hour (i.e. −0.0092 pH min−1) via total occlusion of rat anterior thigh
flaps. Other reported values are a drop of pH 0.80 in tissue pH within 240 min (i.e.
0.0033 pH min−1) in an amputated rat hind limb and a decrease of pH 0.35 from pH
7.4 to pH 7.05 (i.e. −0.0058 pH min−1) following occlusion of the femoral artery of
a rabbit hind limb. An average decline of −0.00677 pH min−1 was also reported
using a similar setup. An average per minute change of muscle tissue pH ranging
between pH −0.33 to pH −0.11 is possible. In [105], the pH probe used exhibited a
drift of less than 0.01 pH units over a six-hour period.

Of interest is the intestinal luminal pH of the normal healthy gastrointestinal
(GI) tract. The colonic mucosa is covered by a surface of mucus with a thickness of
100–800 µm [106]. As discussed in [107], the colonic epithelium maintains a
constant pH up to 840 µm above the cell lining. Failure of the anastomosis in the GI
tract following colorectal resection, for example, leads to anastomotic leakage,
which is considered one of the most challenging complications in GI surgery.
Intramucosal pH at the anastomosis was found to be an independent factor for
leakage development [108]. In patients with an anastomotic intramucosal pH which
was less than 7.28 units within the first 24 h after surgery a 22 times higher risk of
leakage is reported [108]. Patients with anastomotic leak had a mean pH of 7.05,
while patients without a leak had a pH of 7.32 in the first 24 h [108]. In [105], the
threshold value of intramural pH for ischemia and thus failure in the anastomosis
was found to be less than pH 7. Compared to laser Doppler velocimetry, which
correctly predicted the outcome of the anastomosis by 70%, tissue pH measure-
ments succeeded in 93% of the cases [105]. It is, however, important to note that
normal intestinal mucosal pH levels are not constant throughout the length of the
intestines. In [107] the authors assessed the pH in different areas of the colon
leading to what they termed as “the closest approximation of pH values of super-
ficial colonic epithelium”. The measurements follow luminal colonic measurements
(such as those obtained with pH sensing capsules), which nevertheless are more
acidic in all colonic segments. It was found that the rectum (pH 7.15 ± 0.44) and
the right colon (pH 7.05 ± 0.32) were relatively acidic, while the transverse (pH
7.42 ± 0.51), left (pH 7.46 ± 0.60), and sigmoid (pH 7.38 ± 0.59) colon were
more alkaline. According to [107], the colonic mucosa tends to be more alkaline
relative to the luminal colonic pH. In [15], pH in the intestine significantly dropped
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after ischemia, from 7.6 to 6.8 within 180 min of induced ischemia. Arterial pH
followed a similar trend (7.44–6.95). According to [108], a pH less than 7.28 in the
first 24 h following surgery is associated with a 22 times higher risk of anastomotic
leakage.

In addition, continuous pH measurements provide an important parameter in
detection of gastroesophageal reflux disease (GERD) [109] and also drug activity,
which depend on saliva pH [110]. In [85], a system for GERD employing both
impedance and pH measurements was demonstrated. The pH sensor was based on
[22], which provided a slope of 51 mV pH−1, a voltage ranged between 0.5, and
−0.1 V for pH values between 1 and 12. A second example of an ingestible capsule
incorporating both impedance and pH for GERD is presented in [111]. The pH
sensor had a sensitivity of 33.3 mV pH−1 and recorded voltages of 350 mV for pH
7 and 250 mV for pH 4. The combination of multichannel impedance with
pH monitoring helps to detect nonacid reflux.

2.2.4 K+ Sensors

As discussed earlier, K+ is an important ion in biomedical applications. The cellular
K+ level is a clinically important parameter for assessing cellular function. In
ischemic myocardium for example, K+ loss is observed [112]. A connection
between the cellular K+ loss and the balance in the charge during lactate transport
has been hypothesized [113]. Passive movement of K+ in response to cellular
loading of Na+ may enhance the loss of cellular potassium ions [114]. Cellular K+

loss in the ischemic heart is also related to the pH level [115].
An enhanced selectivity to K+ was achieved using a solid state-based internal

electrolyte, such as polypyrrole stabilized with cobalt organic counterion and using
calyx[4]arene ester [116]. In [117], micromolar detection was achieved where the
silicon atom is part of the ether ring. In [91], the use of valinomycin for highly
selective measurements of K+ is discussed, where different changes in the internal
layer can give an extended sensitivity limit. Another internal solid contact electrode
is based on the use of poly(3-octylthiophene) [118]. Using a lipophilic ion con-
ductor avoids the drift related to the development of a water layer between the
ionophore layer and the substrate. Graphene has also been proposed as the solid
contact material [119]. An example of early multiparametric chemical tissue
sensing is shown in Fig. 2.3.

In [120], a K+ solid contact microelectrode is described. The sensor is based on a
neutral carrier and demonstrated operation within a pH range of 3–11, detection
limit of 1.8 � 10−6 M, and working range between 6 � 10−6 to 1 � 10−1 M with a
Nernstian slope of 52 mV decade−1. Valinomycin-based electrodes for online
detection of intravascular and myocardial K+ ions was described in [91]. In [82], K+

sensitive electrodes were presented with a slope of 51 mV per decade (potential
differences between 0 and 250 mV) for concentrations between 6 µM and 100 mM,
a life time exceeding 40 days and a response time of t95% = 14.2 s.
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2.2.5 Na+ Sensors

Na+ selective electrodes were traditionally made using variant glass electrodes.
However, nowadays one uses PVC-based membranes loaded with ionophores like
monensin, an antibiotic, or its derivatives. Urine can be tested for Na+ in the case
that a nonpolar pre-extraction is done, because the lipophilic PVC membrane can
extract nonpolar species that interfere with the response towards the primary ion,
which leads to a drift and loss of selectivity [91].

2.2.6 In Vivo Ionic Sensing Using ISEs

In the last few decades, extensive progress has been made through the development
of portable blood-gas and electrolyte devices. However, these remain unsuitable for
continuous in vivo measurements and thus unable to provide real-time diagnostic
information for rapid therapeutic decisions. Current ambulatory pH recordings
require the passing of the sensor transanally or transnasally using a catheter. These
are uncomfortable and conspicuous, thus affecting the daily life of patients. The
Medtronic Bravo pH monitoring system is a solution which is attached to the
mucosal wall to measure its pH and transmits data wirelessly to an external
receiving device [121, 122]. Its dimensions are 6 mm � 5.5 mm � 25 mm and has
an antimony pH sensor and a RE. The entire system is contained within epoxy.

A number of flexible implantable ion-sensitive electrode arrays mainly based on
polymeric membranes have also been fabricated for myocardial measurements. In
[79], flexible arrays of eight ion-sensitive 250 µm diameter electrodes were pre-
sented. The electrodes were functionalized such that they are sensitive to pH
(55 mV pH−1), K+ (58.1 mV/K+) and Ca2+ (28.9 mV/Ca2+). The sensors

Fig. 2.3 Isolated rabbit
papillary muscle, which was
arterially perfused, with
lactate, pH, K+ sensors and
with both the reference and
counter electrodes positioned
at the septum. Reprinted from
[82], © 2002, with permission
from Elsevier
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demonstrated a reduced lifetime when used in serum and whole blood measure-
ments. According to the authors, interferences in living tissue are more complex
due to the inflammatory response. Protein adsorption and other effects in tissues can
reduce the sensitivity of the sensors. In vivo experiments were performed in rabbits.

In [80], in vivo experiments were performed in porcine models. pH sensors with
500 µm diameter electrodes demonstrated linear responses between pH 4 and 12,
with a slope of 58.5 mV pH−1. The reported lifetime of the electrodes was about
3 months while the reported drift was equal to 0.12 mV h−1. The authors reported a
myocardial pH decrease during induced ischemia from pH 7.4 to 7.25 and from 7.4
to 7.05 (at a second site closer to the ischemic region). In [81], the same authors
reported results from a similar electrode array for pH and K+ sensing (Fig. 2.4b, c).
A slope of 58.9 mV pH−1 with a drift of 0.25 mV h−1 and 58.3 mV/K+ with a drift
of 0.08 mV h−1 were reported and the electrodes exhibited equivalent resistances of
less than 10 MX. The platform was used to detect acute ischemia in several sites of
the heart. During an 18 min experiment in porcine hearts, pH changed from about
7.3 to 6.25 and K+ from 3 to 12 mM. Once again, electrodes closer to the ischemic
region demonstrated a greater change in tissue pH. The same group reported on the
use of metal–metal-oxide (MMO) anodic electrodeposited iridium oxide film
(AIROF) pH electrodes which exhibited a super-Nernstian response of −63.5 mV
pH−1, linear between pH of 2–10, a lifetime of one month, a fast response and an
accuracy of 0.02 pH units [77] (Fig. 2.4a). The measured potentials varied between
about 300 mV for pH 2 to −100 mV for pH 10. During ischemia, a significant
increase of CO2 takes place. This can diffuse through the polymeric membrane to
the inner hydrogel layer of polymeric pH sensors leading to pH measurement errors.
This is potentially eliminated by MMO pH sensors. Generally, during ischemia, pH
may decline from 7.2 to 6.3 and even as low as 5.7 [77, 82]. Simultaneously,
extracellular K+ may vary between 3.5 and 9 mM [77, 82]. In [8, 99, 125–128] the
authors built upon previous work by incorporating in their system impedance
measurements in addition to pH and K+. Nevertheless, the ionic and impedance
sensors were on two different substrates. The ionic sensors were realized with
ISFET-based structures (Fig. 2.4e).

Rogers’ group [16, 129] also uses IrOx, for pH measurements. They reported
super-Nernstian sensitivities of 68.9 mV pH−1 in [129] (Fig. 2.5) and 69.9 mV
pH−1 in [16] (Fig. 2.4f) and a temperature dependence of −1.6 mV °C−1, corre-
sponding to a change of pH of 0.02 for a 1 °C change in temperature. Thus
temperature changes within typical physiological temperature variations will not
affect pH measurements significantly. Measurements on a rabbit heart gave a
baseline pH of 7.4 and 7.32 in [129] and [16] respectively. During induced is-
chemia, this dropped to 6.22 in [129] and to 5.6 in [16] within 30 min. A significant
advance in the field is presented in Fig. 2.5 [129], where an array employing a
variety of sensing methodologies from electrical, chemical, and optical was
developed for cardiac monitoring.

An endoscopic sensor array (Fig. 2.5d) for use with a laparoscopic teleoperated
robot gastroendoscope was presented in [90, 124, 130] for the detection of ischemia
in the gastrointestinal system. The electrodes used were commercially available
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3 mm long, 600 µm diameter beryllium copper alloy pins. For the RE the pin was
covered by a carbon ink and subsequently by Ag/AgCl and finally by Nafion. The
authors studied the interference of K+ and Na+ and the adhesion of the sensing films
to the substrate at low pH. In in vivo applications, membrane stability and leaching
of membrane constituents are important issues which must be addressed.
A response time of about 18 s and a maximum sensitivity of 60 mV pH−1 were
reported in [130], while sensitivities of 13.07 mV pH−1 and 17.8 mV/K+ were
reported in [124] and 43.23 mV pH−1, 52.62 mV pH−1 and 53.88 mV pH−1 in [90].
Polymeric sensing films were used in all of these ISEs using PVC, PEDOT, and
PEDOT-PEG [90] membranes and the authors report that the eletropolymerized
PEDOT membranes exhibit a significantly smaller impedance (about 100 times
less, 1.3 � 106 X vs. 1.4 � 104 X). PEDOT is strongly attached on Au surfaces
used as a substrate through the dative binding of the sulfur groups in the PEDOT
molecule [90], making the membrane very stable. In another approach the authors
used as a crosslinker poly (ethylene glycol) diglycidilether (PEG) mixed with
PEDOT.

Fig. 2.4 a A flexible IrOx pH sensor for measurements at the myocardium. Reprinted with
permission from [77], © American Chemical Society 1998. b Top: illustration of a flexible
platform for pH and K+ measurements with a common reference electrode for in vivo
measurements. Bottom: Sensor cross-section. Reprinted with permission from [123], © American
Chemical Society 2001 and c its realization, with connecting wires. Reprinted with permission
from [81], © American Chemical Society 1995. The sensors of (a–c) are some examples of the
first generation of flexible sensors for in vivo measurements developed by R. Buck’s group in the
late 1990s for heart ischemia monitoring. d Ionic sensor array-enabled endoscopic probe
developed for measurements in the upper GI tract. Reprinted from [124], © 2014, with permission
from Elsevier. e A pH and K+ ISFET and temperature sensor array probe for ischemia monitoring
from the early 2000s. Reprinted from [125], © 2001, with permission from Elsevier. f A flexible
and stretchable array of IrOx pH sensors developed by J. Rogers’ group for heart ischemia
monitoring. Reprinted with permission from [16], © Wiley 2013
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2.2.7 ISFETs

An extension to potentiometric sensors, such as those discussed in previous sec-
tions, is the ISFET. This was first proposed in the 1970s by Piet Bergveld as a
MOSFET without a gate metallization [131], as shown in Fig. 2.6. The exposed
oxide is then placed in direct contact with the solution/sample under test. Charge
accumulates at the exposed oxide insulator of the ISFET via the specific adsorption
of hydrogen ions available in the solution [132]. This build-up of charge is a
function of ionic concentration (pH or others depending on the sensing membrane)
and leads to the formation of an electrical double layer capacitance at the oxide/
solution interface due to charge separation and polarization. Because of this, a
potential difference is established across the interface and thus at the transistor’s
gate oxide. The ISFET equivalent circuit will hence include a number of different
capacitances and voltage sources.

CMOS transistors can be operated in two modes. In strong inversion the device
is operated above its threshold voltage, and its operation is characterized by the drift
of electrons across an electric field established in the transistor channel.

Fig. 2.5 Multisensor array for monitoring of the epicardium for ischemia and other applications
from Rogers’ group. Reprinted with permission from [129]. © Wiley 2015
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Its current-voltage characteristic when the device is operated in saturation is defined
by the classic square law equation:

ID ¼ 1
2
ln;pCox

W
L

VGS � VTð Þ2 1þ kVDSð Þ: ð2:10Þ

If it is operated in the strong inversion triode region, then it is characterized by

ID ¼ ln;pCox
W
L

VGS � VTð ÞVDS � 1
2
V2
DS

� �
: ð2:11Þ

In weak inversion, the operation of the device is characterized by the diffusion of
electrons across an electric field established in the transistor channel due to the very
low gate voltage (e.g. VGS < VT). The drain current in this regime is typically in the
nano-ampere scale or lower and the transconductance to current ratio is maximized
and a constant for a given current, leading to a maximum intrinsic voltage gain for
the device. Due to the low currents, this regime is unsuitable for high-frequency
application, but for potentiometric sensing, which involves the recording of d.c.
voltages, it is ideal, leading to ultra-low-power instrumentation. The low terminal
voltage required for operation in weak inversion and the gate capacitance being
minimized in this regime leads to a minimum input noise density for a given drain
current and a minimum input offset voltage due to low voltage mismatch [133].
However, the output noise current is maximized and so is the current mismatch,
which is mainly due to VT mismatch between identical devices. The current-voltage
characteristic follows an exponential relationship similarly to bipolar transistors,
thus allowing translinear and log domain processing circuit techniques to be
employed. If the transistor source is tied to the bulk, the current-voltage charac-
teristic of a MOS operated in weak inversion is approximated by [134]

Fig. 2.6 a Simplified schematic of a MOSFET. b The ISFET structure. Reprinted from [131], ©
2003, with permission from Elsevier
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ID ¼ Ioe
VGS�VT

nUtð Þ 1� e
�VDS
Utð Þ� �

; ð2:12Þ

and if VDS > 4Ut, the transistor is in saturation and the last term is ignored since
e−4 = 0.018, leading to

ID ¼ I0e
VGS�VT

nUtð Þ; ð2:13Þ

where I0 is also known as the specific current (Is or Ispec), defined as the current
when VGS = VT. This is equal to

I0 ¼ Ispec ¼ 2nln;pCoxU
2
T
W
L

¼ I 0spec
W
L
: ð2:14Þ

Parameter I 0spec is the specific current of a square device and is technology
dependent, and n is known as the slope or substrate factor or gate coupling coef-
ficient, and is typically considered to be constant. It represents the loss of “coupling
efficiency between gate and channel caused by the substrate or body, which act as a
back gate” [134]. The slope factor in weak inversion corresponds to the capacitive
division between the gate voltage and the silicon surface potential resulting from
the gate oxide (Cox), the depletion below the channel (Cd) and the interface state
(Cint) capacitances, with the effect of the latter being negligible; thus, this is
expressed as [134]

n ¼ Cox þCd þCint

Cox
� 1þ Cd

Cox
: ð2:15Þ

Its value can vary between 1 and 1.5 depending on the technology used. Parameter
Cox is the oxide capacitance per unit area, which is transistor (as a process may have
transistors with different gate oxide thicknesses) and process-dependent; thus the
gate capacitance is defined by

C0
ox ¼

eSiO2e0
tox

WL ¼ CoxWL; ð2:16Þ

where eSiO2 is the SiO2 permittivity, e0 is the permittivity of free space and tox is the
thickness of the gate oxide SiO2 layer; µn,p is the carrier mobility (electrons for
NMOS and holes for PMOS, µn > µp), W and L are the width and length of the
transistor, respectively, VGS is the transistor gate-to-source voltage, VDS the drain to
source voltage and VTn,p is the transistor’s threshold voltage. The subscript n, p
indicates that these parameters will be different for NMOS and PMOS devices. Cox

and µn,p are typically provided by the CMOS foundry for a specific process as is
VTn,p for a regular MOSFET. The product ln;pCox is known as the transistor gain
factor and is typically given as Kn,p or as bn,p. All other variables are design
parameters. If VDS is kept constant by circuit design techniques, the only device
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input variable is VGS. It has thus been debated whether the sensitivity of the device
to ionic changes should be defined as an additional variable changing VGS or VT

[131]. The measurement is performed against a RE, such that a two electrode
potentiometric cell is formed. Typically, a non-polarizable RE is used, such as Ag/
AgCl, in order to form a stable potential difference at its interface with the solution
in contact. If the RE biasing the otherwise floating solution, is defined as a remote
transistor gate connected to the gate oxide via the intermediate ionic solution, then
the ionic sensitivity of the device can be described as a change in VT, changing as a
function of the concentration of a target ion [131]. The perception that the device
threshold modulation leads to detectable changes in the I-V characteristic of the
device has been the dominant method to describe the device operation. The RE
voltage is capacitively coupled thought the electrolyte to the ion sensitive passi-
vation surface. The ion-dependent charge separation of this interface modulates the
threshold voltage of the device. A MOSFET’s VT (VT_MOS) is defined by [131]

VTMOS ¼
UM � USi

q
� QTot

Cox
þ 2uf : ð2:17Þ

The first term defines the difference between the gate metal (UM) and silicon (USi)
work functions, with q being the electron charge. The second term is due to the total
semiconductor charge density (QTot), which is equal to the sum of the accumulated
charge in the oxide insulator (Qox), the trapped charge in the oxide-silicon interface
(QSS) and the depletion charge in the silicon bulk (QB), i.e.
QTot = Qox + QSS + QB. The final term determines the onset of inversion
depending on the silicon doping level [131, 135]. In the ISFET structure, however,
the VT expression is defined by [133]

VTISFET ¼ Vref �Wþ vSol �
USi

q
� QTot

Cox
þ 2uf

¼ Vref �Wþ vSol �
UM

q

� 	
þVTMOS

¼ VChem þVTMOS ;

ð2:18Þ

where Vref is the constant potential formed at the RE/solution interface, W is the
chemical potential across the electrolyte/passivation interface, which is a function
of pH and vSol is the surface dipole potential of the electrolyte in contact with the
sensing passivation layer, a constant. Thus, W is the only pH dependent term
modeled by the combination of the site binding theory and the Gouy–Chapman–
Stern double-layer model. According to the former, the insulator surface becomes
charged once an equilibrium is reached between the insulator surface binding sites
and the bulk solution hydrogen ions. The charge on both sides of the interface is
matched and on the solution side it spreads across the double layer. According to
the double layer model, there is a tightly packed compact layer close to the inter-
face. This is known as the Helmholtz layer, the potential across which rises linearly.
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This is followed by a diffuse outer layer of charge which follows a Boltzmann
distribution. This is known as the Gouy–Chapman layer, the potential across which
rises exponentially. This eventually is replaced by an even distribution of charge in
the bulk of the electrolyte. The double layer can thus be modeled by a linear
constant capacitance CHelm and a nonlinear capacitance CGouy-Chap, as shown in the
ISFET macro-model of Fig. 2.7. Following the above, it can be shown [131, 136]
that W is given by

W ¼ 2:303aUt pHpzc � pH
� �

; ð2:19Þ

where pHpzc is the pH value with which the oxide surface is electrically neutral, Ut

is the thermal voltage (Ut = kT/q � 25.85 mV at room temperature), while a is
related to the intrinsic surface proton buffer capacity and the double layer capacity
and can take a value between 0 and 1 [136]. Parameter a is a dimensionless
sensitivity parameter describing the reduction of sensitivity by relating the ISFET
sensitivity (SISFET) to the ideal Nernstian response (SNernst = 2.303Ut � 59.2 mV
pH−1 at 25 °C).

0� a ¼ SISFET
SNernst

� 1: ð2:20Þ

For a = 1, the device has the ideal Nernstian sensitivity, while for a = 0, the device
is insensitive to pH changes. Using the above, VChem can be simplified by intro-
ducing the term c, which groups all the pH-independent terms [133, 136], leading to

Fig. 2.7 ISFET macro-model based on [133, 135, 137, 138, 140]

44 S. Anastasova et al.



VChem ¼ cþ 2:303aUtpH; ð2:21Þ

According to which, if a is considered a constant, VT and pH are linearly related.
The temperature dependence of this should not be overlooked.

As mentioned previously, the sensitivity of the device to ionic changes can also
be defined as an additional variable changing VGS instead of a change in VT [131,
135]. This can be performed by considering the ISFET as a floating-gate MOS
(FG-MOS) device with a single input capacitively coupled through the passivation
and defined by the passivation interface chemistry to the floating gate and con-
sidering VT as a process-dependent constant; thus, in this scenario VT = VTMOS .
An ISFET macro-model is shown in Fig. 2.7. There is a potential applied to the RE
(VR). The RE/solution interface is characterized by a double layer model.
Depending on the electrode material used (polarizable, e.g. Pt, or non-polarizable,
e.g. Ag/AgCl), different elements of the electrode’s equivalent circuit model may
dominate. A polarizable electrode is characterized by charge storage, demonstrating
a high resistance to charge transfer through the interface; thus the model is
described by the double layer capacitance. In a non-polarizable electrode, charge
transfer dominates, in which the interface is characterized by a small resistance. In
either case, a potential drop across the interface will be developed, and in the case
of a non-polarizable electrode, an (ideally) constant potential difference with the
solution (Vref) is formed across the interface, unaffected by changes in solution
composition, temperature or other factors. At the interface between the solution and
the ISFET sensing membrane, there is a second double layer capacitive interface,
elements of which, however, are pH dependent, leading to a pH dependent potential
formed at this interface (VSense, which we termed earlier as W), i.e. across the
interfacial capacitances CHelm and CGouy-Chap. The series combination of these two
capacitances (CChem) is estimated to be equal to 0.14 pF µm−2 [133] and 1 pF µm−2

[137]. Subsequently, there is the passivation capacitance (CPass) coupling the latter
potential to the floating gate. There are trapped charges both in the passivation
(VPass-TC) and in the floating gate structure (VFG-TC) due to the fabrication process.
Additional parasitic capacitances exist between the transistor’s electrical gate and
its other nodes (body, CFGB, substrate, CFGSub, drain, CFGD, and source, CFGS) due
to the overlap of conductive areas between the gate and these nodes and the
operating region of the device [138], as well as between the chemical gate passi-
vation and these same nodes (CPassB, CPassSub, CPassD, CPassS), which are all process
and device geometry dependent. Finally, there is also Cox and the bias dependent
depletion capacitance (Cd) of the device (which is a constant in the deep weak
inversion region of operation) [133, 137]. Taking into account the above, it leads to
the equivalent circuit of Fig. 2.7. All these capacitances collectively influence
the sensor performance nonlinearly [137]. The passivation capacitance couples the
chemical dependent interface potential to the floating gate and influences the
chemical response of the sensor. This leads to a capacitive division of the chemical
dependent voltage developed at the interface and explains the reduced
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transconductance of ISFETs when compared to a MOSFET with the same
dimensions [133, 137]. This capacitance depends on the top metal layer geometry
which defines the chemical sensing area of the device, i.e., the chemical gate. It can
be modeled, to a first level approximation, as a series of capacitances due to the two
dielectrics (e.g. SiO2 and Si3N4), using (2.22), however, the fringing field at the
edges will essentially modify the geometric factor of the equation and can be more
accurately modeled using finite element analysis (FEM) [137]. This fringing field
effect is modeled by the d power factor (2.22) and it was experimentally found to be
in agreement with FEM simulations which indicated that it is equal to 0.7.
Approximate values for CPass given in [138] are 100 aF for 0.35 and 0.18 µm and
200 aF for 0.13 and 0.09 µm CMOS processes. The value of CPass can be in the
region of 22.65 µF m−2 for a standard 0.35 µm process according to [139, 140],
giving for a WS = LS = 2 µm a capacitance of 90.6 aF. Thus, since capacitance is
defined by Cx ¼ e0exWsLs=tx, where ex the permittivity of the x dielectric layer, t is
the thickness of the x dielectric layer, with x being either SiO2 or Si3N4, and WS and
LS are the width and length of the top metal layer defining the chemical gate [133,
137, 138]. CPass is given by

CPass ¼ CSiO2CSi3N4

CSiO2 þCSi3N4

¼ eSiO2eSi3N4

eSiO2 tSi3N4 þ eSi3N4 tSiO2

e0 WSLSð Þd: ð2:22Þ

Cd is given by [139]

Cd ¼ n� 1ð ÞCox: ð2:23Þ

From the above discussion and the equivalent model, we can calculate the voltage
at the interface as [139]

VPass ¼ VR � Vref þVSenseð Þ|fflfflfflfflfflfflfflfflfflffl{zfflfflfflfflfflfflfflfflfflffl}
VChem

¼ VR � VChem: ð2:24Þ

As mentioned previously, there are trapped charges in the passivation and in the
floating gate [137]. If these are modeled as a single voltage source (VTC�total) prior
to the passivation capacitance, then from [133] we have

VPass ¼ VR � Vref þVSenseð Þ|fflfflfflfflfflfflfflfflfflffl{zfflfflfflfflfflfflfflfflfflffl}
VChem

�VTC�total ¼ VR � VChem � VTC�total: ð2:25Þ

From the simple equivalent model, the potential formed at the floating gate (VFG)
can be deduced from the following, if the total capacitance (Ctotal) seen between the
nodes is defined as Ctotal–1:

Ctotal�1 ¼ CPass þCox;d ¼ CPass þ CoxCd

Cox þCd
ð2:26Þ
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VFG ¼ VPass
CPass

Ctotal�1
¼ VPass

CPass

CPass þCox;d
¼ VPass

1

1þ Cox;d

CPass

¼ VPass
1

1þ f
: ð2:27Þ

For more discussions regarding the term f, refer to [139, 140]. The model can
become increasingly complex if the intrinsic parasitics of the MOSFET are con-
sidered. In this case Ctotal is equal to Ctotal–2 below

Ctotal�2 ¼ CPass þCox;d þCFGD þCFGS þCFGB þCFGSub; ð2:28Þ

In which case VFG becomes [135]

VFG ¼ VPassCPass þVDCFGD þVSCFGS þVBCFGB þVSubCFGSub

Ctotal�2
: ð2:29Þ

Typically, the last two terms in the numerator are ignored, as they may be
grounded, while CFGSub may be one and the same with CFGB if the device is not on
a separate well. An additional capacitive term, CP, was introduced in [137] to
account for the increase in floating gate capacitance due to the larger top metal layer
defining the chemical gate of the device. The ratio of CPass to Ctotal (the total
capacitance seen by the floating gate) scales down the effect of VChem, and thus the
device’s pH sensitivity [135]. Maximizing this ratio by increasing the chemical gate
area formed by the top metal layer (WSLS) and making it much larger than the
transistor’s electrical gate area (WL) improves the pH sensitivity. In this case, the
ISFET characteristics will approach those of the underlying MOSFET, since VFG

will become equal to VPass [133]. This is one of the reasons for the sub-Nernstian
pH sensitivity of unmodified CMOS process-compatible ISFETs [135]. This
capacitive division due to passivation thus leads to a reduction of the device
transconductance when referred to the remote gate (i.e. the RE). Increasing CPass

will increase it and will also decrease VT [140]. In addition, the subthreshold slope
will also be affected, shown to be inversely proportional to the dimensions of the
chemical gate and thus CPass [133, 137]. In [137], this was found to be larger in
ISFETs than in MOSFETs with the same electrical dimensions. Thus, a smaller
WSLS will lead to a larger linear voltage operating range, requiring larger voltages
to generate the same drain current [133]. The factor n is modified due to the
additional capacitances present and thus according to [133] it becomes

n0 ¼ 1þ Cd

Ceff
¼ 1þCd

1
Cox

þ 1
CPass

þ 1
CGouy�Chap

þ 1
CHelm

� 	
: ð2:30Þ

The first two terms of Ceff are several orders of magnitude smaller than the other
two associated with the chemically sensitive interface, and thus they dominate.

The noise of an ISFET is considered to be the same as that of a MOSFET in
terms of the intrinsic device properties. Chemical noise, which is attributed to
electrode degradation over time and surface chemical noise, will add up to this, as
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reported in [137, 138]. This additional noise contribution was defined as K/f, where
f is the frequency and K was found experimentally to be equal to 1 nV2 Hz.
The ISFET noise was found thus to be an order of magnitude larger than that of a
MOSFET. Increasing the chemical gate dimensions was suggested as a means of
reducing the random offset associated with trapped charge in [137]. The interested
reader may refer to [137, 138] for further analysis, discussion, and equations, while
the effect of the capacitances between passivation and all transistor nodes to VFG are
also taken into account in [137]. When silicon nitride is expose in an aqueous
solution, a thin hydrated surface layer is formed as hydrogen ions diffuse into the
material. This changes the effective layer of the passivation and thus also the
potential drop across it. Changes of this over time lead to drift in the recorded
signal. In [137], it was found that drift had a negligible dimensional relationship to
physical dimensions, ranging between 1 and 1.4 µV s−1, three orders of magnitude
larger than that of fabricated MOSFETs of the same dimensions, while it exhibited a
relaxed exponential characteristic.

2.2.7.1 CMOS-Compatible ISFETs

In [141], ISFET structures where developed using an unmodified standard com-
mercial CMOS process. The polysilicon gate was not removed and it formed a
floating gate electrode together with the two metal layers of the process on top of
the gate as in Fig. 2.8. Above the top metal layer, the insulating pH sensitive
oxynitride layer was located [131, 141]. In this way, the top layer nitride passi-
vation was connected to the gate oxide through the stack of the process’s metal
layers. The top metal layer essentially defines the chemical sensing area of the
device. Thus two gates may be defined; one is the electrical gate, defined by the
transistor polysilicon gate and the other is the chemical sensing gate defined by
the top metal layer [135]. This separation allows the two to be dimensionally
different [135]. The top passivation layer, which is typically silicon nitride on top of
silicon oxynitride in commercially available CMOS processes, is used to protect the
silicon chip from the environment [132]. It is deposited using low-temperature
(300–400 °C) chemical vapor deposition (PECVD) [142]. Non-CMOS-compatible
ISFETs typically use low-pressure chemical vapor deposition (LPCVD) to deposit
the silicon nitride pH sensing film. This process allows a higher deposition rate and
leads to dense films with superior purity and uniformity and few pinholes.
However, it is incompatible with film deposition on metals as a result of the high
temperatures required (700–800 °C). Si3N4 films deposited with PECVD, on the
other hand, lead to films with lower oxynitride content, i.e. low density and con-
sequently fewer hydrogen ion binding sites, and thus a sub-Nernstian pH sensitivity
[133], while they also contain pinholes. Silicon nitride provides a linear response
with pH with a sensitivity typically within 45–56 mV pH−1, with the sensitivity as a
function of the oxide’s stoichiometry [142]. These led to a linear sub-Nernstian
surface potential/pH slope (less than 59 mV pH−1) [143]. This structure is essen-
tially an ISE with FET detection via an electrically floating transistor polysilicon
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gate [141]. Another advantage of keeping the polysilicon gate is reduced light
sensitivity [141]. A structure where the chemically sensitive layer is deposited on a
metal, which is located at a distance from the MOS structure and is connected to the
transistor gate through a metal line, is known as an extended gate ISFET [141].
However, if the length of this wire is reduced and is connected vertically to the
transistor gate the compact device of Fig. 2.8 is obtained. The use of the passivation
opening mask typically used in standard CMOS processes to define bond-pad
openings in the top passivation layer was proposed in [144]. This was used as a
means of minimizing the use of a full stack of metals and inter-metal insulators in a
technology. In this way, the ISFET consisted of the gate oxide, the polysilicon gate,
the first aluminum metal layer and the first inter-metal silicon dioxide dielectric, and
thus the second and third metal and their intermediate inter-metal dielectric as well as
the top layer insulation were removed without additional fabrication steps. This led
to ISFETs with similar chemical sensitivity, improved effective transconductance
(approximately three times larger), and reduced threshold voltage (approximately a
third smaller). Classic CMOS compatible ISFETs exhibit a low transconductance
due to the capacitive voltage divider formed by the stack of capacitances between the
gate and the sensing membrane. In [144], this was reduced by reducing the sensing
membrane by 5–11%. Nevertheless, the device noise was increased by two orders of
magnitude, but still within acceptable levels for chemical sensing application
according to [144], while the drift was dramatically increased, making the device
inappropriate for absolute concentration measurements and limiting its usefulness
for detecting the occurrence of an event (such as ssDNA binding).

Another issue with CMOS-compatible ISFETs is related to the low-temperature
PECVD process used in CMOS for the deposition of the passivation sensing layers.
While the quality of the deposited passivation may be adequate for typical CMOS
device and circuit performance, it may potentially fall short in chemical sensing
applications. This is due to the low density and the porosity of the resulting sensing
film. Because of these characteristics, the passivation layer may over time “absorb

Fig. 2.8 a Illustration of the cross-section of the first reported linear n-type ISFET using an
unmodified CMOS process. Reprinted from [141], © 1999, with permission from Elsevier and b a
p-type example. Reprinted from [142]. © IEEE 2008
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and become saturated with analytes or other substances in the solution, which may
in turn cause an undesirable time-varying drift in the chemFETs” VT [145, 146].
Consequently, this may lead to a loss of accuracy in the measurement and moni-
toring of the target analyte.

2.2.7.2 ReFETs and Differential Measurements

An ISFET insensitive to any ions is known as a reference FET, i.e. a ReFET, and
such a device offers important advantages. Identical ISFET and ReFET pairs can
allow differential measurements to be performed, leading to common mode errors,
such as drift and temperature effects, to be eliminated while also relaxing the RE
specifications. Thus pseudo-reference electrodes, i.e. polarizable electrodes, made
out of noble materials such as Au or Pt, can be used and the non-constant interface
potential formed at their interface with the solution/sample under test will also be a
common mode signal that can be removed by the instrumentation. One such circuit
is shown in Fig. 2.10a. A ReFET must be as similar as possible to the ISFET it is
being used with; it should thus have the same electrical and chemical gate
dimensions and it should be laid out similarly, such that common mode interfer-
ences influence the devices similarly. The challenge is in making it insensitive to
ions. Many methods have been proposed. One option is to apply a membrane on top
of the chemical gate such that the device’s pH sensitivity is reduced ideally to zero.
Hydrophobic membranes with very low buffer capacity, such that a = 0, have been
proposed [131]. Examples of such membranes are parylene and Teflon. Another
approach is to add a diffusion barrier, such that the ISFET illustrates a delayed
response [131]. According to [132], a polymer membrane must be used which
prevents hydrogen ions from reaching the pH-sensitive membrane. However, this
should not block any other ions to “preserve the electrical characteristics of the
underlying ISFET” [132], such that there is no potential drop across this additional
membrane. In [132] a PVC-based membrane was used which has a very low
sensitivity to H+, Na+, and K+. The ISFET and the device to be used as a ReFET
were matched through UV exposure; however, a VT mismatch between the two was
established once the PVC membrane was deposited. Another approach used to
perform differential measurements is to have two ISFETs with different sensitivi-
ties. In [147] for example, the first ISFET had a Ta2O5/SiO2 gate with a sensitivity
of 58–59 mV pH−1 and the second one used a SiOxNy/Si3N4/SiO2 gate with a
sensitivity of 18–20 mV pH−1. Each of the two devices was used as one of the input
transistors in the differential pair of an operational amplifier configured as a source
follower and their outputs were subsequently subtracted by a differential amplifier
resulting in an overall sensitivity of 40–43 mV pH−1. Another approach is to use
the same ISFETs, with the same sensitivity and sensing films, but to use circuit
techniques to decrease the sensitivity of one of the two devices. This was imple-
mented in [148], where the authors used different gains for two ISFET amplifiers by
controlling the width of the ISFET pMOS load. The two topologies resulted in
sensitivities of 50 and 30 mV pH−1. Similarly to [147], a differential amplifier
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subtracted the signals from the two ISFET amplifiers and amplified the resulting
signal leading to an overall sensitivity of 40–45 mV pH−1. These techniques are not
ideal; they may relax the specifications of the RE, but since the devices are not
identical and their sensitivities different [147] or because their response is scaled
[148], the effect of common mode interferences will not be completely eliminated.

2.2.7.3 Sensing Oxides

The use of different insulators and other layers allows sensitivities to different target
analytes, similarly to standard potentiometric sensors. The first ISFET gate material
used was silicon dioxide [131]. This was followed by double layer insulator
structures which resulted in better pH sensitivities and stability. The sandwich of
silicon dioxide with silicon nitride (Si3N4) as the top insulator is an example [131].
Other top layer insulators used include tantalum oxide (Ta2O5) and aluminum oxide
(Al2O3) [132]; these are examples of oxide insulators used for pH sensitive ISFETs.
This standard ISFET, however, is not CMOS process compatible. Early examples
of ISFET systems with recoding electronics on the same substrate required addi-
tional fabrication steps; e.g. in [147] four extra masks were required for the ISFET
fabrication. In CMOS processes a polysilicon electrode is required in the gate
region to determine the self-aligned source and drain regions of the transistors
[141]. Since this is not in agreement with the original ISFET device structure, e.g.
in [147], the polysilicon gate and the underlying gate oxide were removed by wet
etching and a thinner gate oxide was regrown in the gate region of the device
followed by the deposition of different gate dielectrics to form ISFETs with dif-
ferent pH sensitivities.

2.2.7.4 Trapped Charge

One of the main advantages of the ISFET is high miniaturization not only of the
sensor (allowing measurements of nano and picoliter volumes [139]), but also of
the complete system, since sensor and recording (typically analog) front-end
electronics and back-end digital circuits can coexist on the same silicon chip.
Exploiting CMOS technology economies of scale with ISFETs in unmodified
CMOS processes can lead to mass-produced and low-cost miniature systems for
point-of-care and implantable systems. ISFETs are, however, associated with a
number of disadvantages. One parameter which is typically ignored according to
[131] is the potential electrostatic damage of the gate oxide due to high external
electric fields [131]. Electrostatic discharge (ESD) may cause charge to be trapped
in the floating gate. This will lead to large shifts in the ISFET’s VT (residual charges
may remain on different structures comprising the ISFET, e.g. oxides) and may
even permanently damage (physically and chemically) the device. Steps in the
CMOS fabrication process such as plasma metal etching, wafer cleaning, dicing,
packaging/wire bonding, and handling may negatively affect the fabricated
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devices [146]. The etching process, for example, used to define the metals of the
floating gate may induce the accumulation of charge trapped in the metal layers that
constitute the floating gate. This is known as the antenna effect [145, 146]. If there
are no paths for these to be removed the charge may be injected to the oxide. Thus,
charge can be trapped in the passivation and/or on the floating gate. Charge in the
gate, being floating, has no path to ground and remains there similarly to EEPROM
[132]. Trapped charge at the typically dual passivation layer stack has mechanisms
similar to the one used in metal-nitride-oxide-silicon (MNOS) transistors used for
non-volatile memory [133]. Fixed charge in the passivation is due to the intrinsic
dangling bonds within the silicon nitride sensing films and buried sites or surface
defects due to extrinsic dangling bonds [137]. The trapped charge, and thus the VT

shift, is indeterminable, leading to random offsets and a large VT, which may lead to
an inability of the instrumentation to record the sensor output signal within its
recording range. For example the p-type ISFET of [132] was found to have a VT of
−5 V, when the proposed system was designed for 3 V supply operation, while in
[142] the VT of an array of ISFETs was found to range from −4 to −1 V. In
addition, geometrically identical ISFETs comprising arrays on the same die will
demonstrate different VT. Thus, ISFETs comprising large sensor arrays will also
behave differently among them. An ESD event may occur also due to the solution
under test floating, and thus it is recommended to ground the solution via the RE
prior to ISFET contact, or to insert the RE and ISFET within the solution simul-
taneously [131].

Fabrication-based solutions to trapped charge

A thinner gate oxide can allow an adequate amount of charge accumulated on the
floating gate to move to the substrate [145]. Such a device can be used either as an
ISFET or as an additional device connected to the gate of an ISFET. In order to
pattern metal structures using plasma etching, a photoresist is deposited on the
metal. An additional dielectric, such as an oxide between metal and photoresist, can
be used in order to reduce the charge trapped during the plasma etching process.
This dielectric may be left behind and form part of the sensing membrane of the
final device. Alternatively, the etching rate may be modified by using e.g. lower
power densities and thus potentially lead to reduction in the trapped charge. Instead
of plasma etching, wet chemistry or ion-beam milling may be used [145, 146],
leading to no charge being trapped during the metal patterning step since these
techniques do not rely on an electric field. However, these require alterations to the
CMOS process.

Modifications in the wafer post-fabrication handling and packaging steps may
also be employed in order to reduce trapped charge [145]. Examples include using
anti-static dicing tape to hold wafers in place and replacing conventional deionized
water for cooling the dicing saws, which is of high resistivity, with lower resistivity
ones [146].
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Post-processing solutions to trapped charge

Post-processing techniques include gas annealing using a heated hydrogen and
nitrogen gas mixture following wafer dicing into individual chips. This neutralizes
trapped charges. Another approach is using UV radiation. For this to be effective, a
hole or window, i.e. an aperture in the top metal layer within the vicinity of the
floating gate is required, such that the radiation reaches the gate oxide and other
layers [142]. An EPROM eraser was used, and following three hours of UV
exposure the VT was increased from −5 to −1 V in [132]. In [142] the UV
wavelength used was 253.7 nm with an exposure level of 4 mW cm−2. Appropriate
biasing of the device during UV illumination facilitates the reduction of the trapped
charge. Applying a positive voltage to the bulk with respect to the substrate
(VBS = 5 V), and thus with the floating gate, during UV exposure, allowed further
increase of VT in [132] to about 3 V. This voltage changes the conduction and
valence band level in the bulk of the device. UV light excites the charges trapped at
the gate such that they overcome the oxide energy barrier and discharge the gate to
reach equilibrium with those in the bulk, permanently changing the ISFET’s VT

[132]. The effect of the device biasing during UV illumination to VT modification
demonstrated that it is in fact the removal of trapped charge in the floating gate
rather than the fixed charge in the passivation layer that mainly affects the VT. UV
exposure of 17 h led to a minimum 15 mV VT mismatch between identical ISFETs
in [132]. In [142] during UV exposure a constant 20 µA current was supplied to the
source of every ISFET and the drain and bulk voltage was set to ground. After 10 h
the VT of all the ISFETs converge to about −1 V with an offset less than 10 mV.

Design-based solutions to trapped charge

A number of solutions have been proposed, which focus on the use of on-chip ESD
protection techniques. Such solutions may involve the use of protection diodes
(Zener or avalanche diode structures) connected to electrode (metal) structures
partially or entirely encompassing (rings or other geometries) the floating gate. The
diodes can allow conduction above a certain predetermined breakdown voltage
[131]. The metal structure should be in close proximity to the floating gate; this may
be connected to ground, to a power supply directly, or through a passive device
(resistor or capacitor) or diodes and a rail clamp circuit, which may be internal or
external to the chip. Thus, a path of least resistance to a large ESD current is formed
which will be preferred against the path towards the floating gate [149].
Alternatively a diode may be connected directly between the floating gate and the
substrate [146]. Another solution to ESD was presented in the early paper of [150].
An ISFET structure was presented, which is similar to those proposed in unmod-
ified CMOS processes, as there is a polysilicon gate electrode, which is in turn in
contact with a silicon nitride pH-sensitive top passivation layer. The polysilicon
gate is connected to a MOSFET switch which allows the connection of the ISFET
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gate to a potential, in which case the device can be operated as a regular MOSFET.
However, the off resistance of the switch is finite and there will be a leakage
current. This leakage current needs to be minimized. If the switch is located in the
immediate vicinity of the gate and connected to the diffusion of the switch’s source,
then a pn-junction diode exists between gate and substrate. This diode provides
additional ESD protection as its breakdown voltage (35–45 V) can be substantially
smaller than the gate oxide breakdown voltage (100 V) [150]. According to [141],
if an ISFET gate is connected to a diode, switch [150, 151] or other structures, then
it is not completely floating. The solution proposed in [149] allows the gate to
remain completely floating.

Floating gate circuit design solutions to trapped charge

Nevertheless, the ISFET VT can be programmed without the need for device
post-processing techniques. The use of well-known techniques developed for the
programmability of FG-MOS devices and systems can be used. FG-MOS transis-
tors can have multiple capacitively coupled input nodes resulting in a floating gate
potential determined by their weighted sum. The effective weight of each input is
proportional to its coupling capacitance. The operating point of the device can
hence be controlled by applying a voltage to one such control gate. In [152] a
second capacitively coupled input was used for the floating gate of the ISFET, the
capacitance of which was made large such that it may be programmed by a voltage
within the rails of the proposed system. Thus, in an array of ISFETs, different
programming voltages may be used in order to match their VTS, while known drift
signals may be cancelled out. The proposed device allowed a 2.16 V decrease in VT

for an increase of 500 mV in the programming voltage [152]. This, however, can
lead to a reduction in the strength of the chemical signal, thus reducing the chemical
sensitivity of the device [153]. Hot-electron injection [154] and electron tunneling
[153] are techniques that have been proposed as alternatives enabling VT pro-
grammability while the device is in a pH-buffered saline solution. Hot-electron
injection can take place in a p-type ISFET when a large VSD across the device
channel is applied, such that a large lateral electric field is established. If such a
current injection is induced, charge storage takes place on the gate, counteracting
the trapped charge. In [154], the solution RE was grounded and a VSD ranging from
500 mV to 8 V was applied for 1 min. In this way the VT was increased and shifted
by up to 2.8 V. This method cannot decrease the VT by removing electrons; electron
tunneling, however, allows this. This was demonstrated in [153, 155] where the use
of additional diodes and voltages capacitively coupled to the gate allowed electrons
to be removed from the floating ISFET gate. These capacitively coupled inputs are
similar to the one used in FG-MOS structures and in [152]. During normal device
operation they are grounded and all other device inputs are used as usual. During
threshold programmability the RE, drain and source voltages are grounded and the
programming input nodes are set to the desired voltage for 80 s in [155] and 5 min
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in [153]. Tunneling voltages between 6.9 and 8.5 V allowed a VT shift of −3.45 V
in [155].

ISFET-based biomedical devices

A popular recent application of ISFETs is in large arrays for DNA detection. In
[156], a system with 1.2 million sensing wells was demonstrated which allowed the
sequencing of three bacterial and one human genomes. In [157] the authors pre-
sented a system that not only performed DNA detection but also real-time DNA
amplification using PCR and isothermal amplification. DNA amplification was
monitored and performed using on-chip temperature sensors and resistive heating.
Differential measurements were performed by using a regular ISFET identical with
the rest but on a separate well, such that the ISFET can record baseline signals and
reference measurements can be performed to eliminate common mode interfer-
ences. The device was used to genotype and discriminate unique single-nucleotide
polymorphism (SNP) from human saliva. A recent system for DNA detection
which combined a CMOS image sensor with the ISFET array was presented in
[158]. By deposition of ion-selective membranes on the insulator sensing mem-
brane, structures sensitive to ions such as Na+, K+ and Ca2+ can be obtained. These
devices are known as ChemFETs. More relevant to implantable applications is the
work presented in [125, 159–161]. Flexible organic ISFETs are presented in [159]
for the detection of pH and K+ changes induced by myocardial ischemia in the
extracellular matrix of the myocardium. Once again, valinomycin was used for the
K+ sensor. A wireless diagnostic capsule for ISFET-based pH monitoring in the GI
tract was presented in [161] for Gastroesophageal Reflux Disease (GERD) and
inflammatory bowel diseases such as Crohn’s and ulcerative colitis. The system had
two ISFETs and a ReFET and could perform single-ended and differential mea-
surements with the use of multiplexers. The system also incorporated an 8-bit ADC
and a microcontroller. The ISFET demonstrated a 48 mV pH−1 sensitivity. Another
pH capsule was presented in [160], where the ISFET demonstrated a 44.95 mV
pH−1 sensitivity. Surrounding an ISFET by a thin film of an electrolyte solution and
by enclosing this in a gas-permeable membrane allows the development of
gas-sensitive structures known as GasFETs. The immobilization of enzymes or
enzyme-containing layers directly on the inorganic gate insulator of an ISFET leads
to a device known as the EnFET, originally proposed in 1976 [162]. EnFETs for the
detection of penicillin, glucose, sucrose, urea, and creatinine, among others, have
been developed over the years [162]. If the enzymatic reaction leads to the pro-
duction of hydrogen or other ions, these can then be subsequently detected by the
underlying ISFET of ChemFET. Major problems associated with EnFETs are
related to enzyme immobilization (covalent attachment and polymer entrapment)
and associated nonlinearities, with stability and reproducibility of the results being
major issues [162]. Recently an EnFET for ATP detection was presented in [163].
Similarly to the EnFET, ISFETs can be used for label-free DNA hybridization
detection and immunological sensing, e.g. through antibodies [162].
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2.2.8 Reference Electrodes

It is evident from previous discussions that in electroanalytical measurements the
RE plays a very important role. Such an electrode should be insensitive to changes
in the ionic concentration, be reversible (thus a low charge transfer resistance is
required), and demonstrate a stable constant reference potential and a reproducible
response [27, 164, 165]. A well-defined RE is necessary in all potentiometric
measurements. As discussed in [27], there is always a potential at any interface;
however, if this potential is not dominated by a reaction with high exchange current
density it cannot be stable. The traditional glass-based Ag/AgCl RE addresses the
above. However, careful control of its working conditions is required. This is
because it requires a liquid reservoir with a positive hydrostatic pressure of the inner
electrolyte. The inner solution is moving in one direction through a liquid junction
so as to keep a high and constant concentration of the electrolyte at the solution
interface.

Thus, one of the main limitations of potentiometric sensors lies in the funda-
mental need of this family of electrochemical sensors for such an RE. This is
particularly problematic in miniaturized biocompatible applications. In such
applications, the use of conventional glass-based REs is not possible due to their
large size, fragility and use of the liquid filling solution. Such conventional REs
cannot be miniaturized and are unpractical. The RE has to have similar dimensions
to the ion sensors used in order to be practical.

Emerging technologies, such as wearable and embedded electrochemical sen-
sors, point-of-care, and telehealth have driven the development of suitable REs.
Several approaches are suggested: using solid polymers [83, 166], solid KCl [167],
micro-fabricated liquid junctions, agarose gels with KCl and heterogeneous
membranes separating a KCl reservoir. Solid-state technologies [168, 169] have
played an important role in RE technology. Several solutions have been proposed,
such as solid-state junctions based on carbon-fiber nanocomposite membranes
incorporating poly(methyl methacrylate) and carbon graphene stacked nanofibers
[170], membranes prepared by aromatic polyurethane [171], metal alloys and
composite materials [172]. A solid-state RE made with vinyl ester resin doped with
KCl has been reported in [173]. Combination of PVC membrane and ionic liquid is
reported in [174, 175], while other groups [176] used a screen-printed insulation
paste. In all these approaches there is always a range in which the performance of
the sensor is interfered with by lipophilic species or even Ag ions in solution.
Different types of polymers, such as polyacrilate microspheres and polypyrrole
microcapsules, were used to improve the stability of the potential [177, 178].
Single-wall carbon nanotubes (CNTs) are used [179, 180] as potentiometric
transducers so that the Ag/AgCl/Cl– system is encapsulated in a polyacrylate
membrane [181, 182]. Recently, a new reference system was developed in [183],
where polyvinyl acetate with KCl was used.

The development of an RE based on polyvinyl butyral (PVB) membranes is
reported in [184]. The membrane was made by dispersing Ag, AgCl, and NaCl in a
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PVB solution with methanol. The observed stability of the signal is related to the
formation of nanopores on the surface. PVB has high polarity, making it highly
resistant to fouling, which can be caused by non-polar substances [185]. Polar
substances and ionic salts can be incorporated in PVB, which can increase the ionic
conductivity of the polymer [186]. In another example, the use of REs prepared
using a poly(vinyl chloride) membrane on top of conductive poly(3,
4-ethylenedioxythiophene) was reported in [177]. In [177] the authors used poly
(n-butyl acrylate). Polyacrilates are promising materials showing a lower detection
limit and lower ionic activity compared with PVC, and they can be produced by
photopolymerization.

In [187], four chemical designs are compared as REs. In one of the approaches
the membranes were non-responsive to ions, but the system wasn’t evaluated.
A different concept involves the doping of the membrane with an inert electrolyte,
such as ions with medium lipophilicity, which can partioning in the sample and
become the potential determining ion. In this case the membrane responds only to
the membrane ions and does not respond to ions in the sample. Kakiuchi et al. [188]
used Ag/AgCl electrodes and IL as a salt bridge. The authors reported that the
saturation of the ionic liquid with AgCl is crucial for proper functioning of the RE.
In [175] the authors reported a liquid-junction-free polymer membrane, where an
intermediate layer is used together with a PVC-IL membrane on top as reference.
Another type of reference electrode was proposed using ionic liquid [175, 188]
where gelled and non-gelled ionic liquid is used so as to form a liquid junction
reference electrode.

Solid-contact RE based on a PEDOT layer electrochemically deposited on a
carbon layer and an ionogel membrane consisting of tris(penta–fluoroethyl)
trifluorophosphate [HMIM]+[FAP]− in poly(butyl-co-decyl–methacrylate) is dis-
cussed in [189]. Other reported ionic liquids are tributyl (2-methoxyethyl) phos-
phonium bis(penthafluoroethanesulfonyl)amide [190] and bis(tritrifluoromethane
sulfonyl) amides with 1-alkyl-3-methyl-imidazolium, phosphonium or ammonium
cations [175]. Another type of RE was proposed using poly(n-butyl acrylate)-based
membrane on top of glassy carbon electrode with polypyrrole as a transducing layer
[177]. REs based on a polymer, an inorganic salt, and an Ag/AgCl element showed
excellent stability, long lifetime, and insensitivity towards the ions in the sample.
The basic principles of REs are discussed in [191] and shown in Fig. 2.9.

In [78], an Ag/AgCl RE was coated with a polymer containing chloride ions,
which was encapsulated by a Nafion outer layer. Nafion blocks the chloride anion
diffusion to the test solution maintaining a constant chloride concentration on the
AgCl electrode surface. An Ag/AgCl RE with a Nafion coating to increase its
stability was reported in [124, 130].

Despite all the aforementioned effort in the development of a miniature RE,
many issues related to the long-term behavior of these have not been solved yet.
The electrochemical kinetics need to be investigated further to clarify the processes
related with the mobility and exchange between the solids and dissolved ions.
Figure 2.9 summarizes and illustrates the various methodologies followed for RE
development.
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2.2.9 Read-Out Circuits and Instrumentation

In the preceding sections, the technology regarding the potentiometric sensing
element was discussed. It is obvious that these are not standalone devices, but they
rather require additional circuitry in order to record their output signal. The fol-
lowing is a very brief discussion of the challenges in recording from potentiometric
sensors and some examples of recording electronics used in the literature using
commercially available discreet electronic components.

A practical potentiometric measurement of the potential difference across a
galvanic cell requires an OCP measurement. Typical glass electrode pH probes
have a very high output impedance (R0 > 1 GX), which is in series with the pH
voltage source. This is an important parameter, as the input impedance of the
circuits interfacing with ion-selective sensors must have an input impedance which
is at least three orders of magnitude higher than the electrode resistance [20],
sinking minimal current (Iin) to prevent loading. This is because potentiometric cells
are galvanostatic cells and no current should flow through the ISE or RE used in the
cell. If not, an unwanted potential drop will be created leading to a measurement
error: e.g. for a glass electrode with R0 = 1 GX and Iin = 200 fA, a voltage offset
error of 0.2 mV is generated which is translated into an error of 0.0037 pH [23].
Thus, recording from such electrodes can be achieved with the use of high input
impedance (>1014 X) and hence low input bias currents (<100 fA) amplifiers. Input
currents greater than a pA will disturb the electrochemical potential established. An
instrumentation amplifier typically satisfies this condition. Polymer membrane ISEs
have a membrane resistance of the order of 1–10 MX. Thus, in such a case, the

Fig. 2.9 Principle of RE (Ag/Ag/Cl reference electrode), 1: metal lead (Ag), 2: metal salt (AgCl),
3: aqueous solution of KCl, 4: hydrogel-containing KCl solution, 5: solid melt of KCl, 6: junction
containing diaphragm, porous ceramic or opening, 7: solid state reference element, 8: insulating
encapsulation. Reprinted from [191] with permission of Springer. © 2008
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input impedance of the circuit used to interface with the electrode must be larger
than 1010 X. The signal of interest is at DC. A low-pass filter (LPF) at the output of
the recording amplifier reduces the harmonic content of the signal. This is espe-
cially important with human body measurements, as physiological signals in this
case will act as interference and thus need to be cancelled out, as do motion
artifacts.

In [100], the voltage of the pH electrode was first buffered by a high input
impedance, low input bias current operation amplifier (op-amp), in order to trans-
form the high output impedance signal to a low impedance signal. Subsequently,
the signal was amplified differentially with respect to the RE potential by a gain of
14.7 with an instrumentation amplifier. The IA was used to reduce common-mode
interference. An active Butterworth LPF with a cutoff frequency of 1 Hz was used
before digitization.

The polymer-based pH sensor demonstrated in [20] was sensitive between pH 2
and pH 9.5. This leads to a change of measured potential of from 400 to −20 mV
and from 770 to 320 mV for the two different types of electrodes used. Hence, the
signal conditioning circuitry needs a dynamic range of 450 mV. The circuit must be
able to adjust the baseline and thus offset the signal such that the lowest potential
difference is about 0 V and also to amplify the signal by 10 V/V for a 5 V supply.
Because negative potential differences could be generated, a split ±5 V supply was
used. In order to offset the signal so that it is within the supply of the subsequent
stages (microcontroller), which had a 0–5 V supply, the offset pin of the IA was
used to apply a d.c. voltage offset generated through a trimmer.

In [21], the pH electrode is connected to a relaxation oscillator to convert the
electrochemical potential into a frequency varying signal. This leads to a varying
modulating frequency from 22 to 15.9 kHz for pH levels of 2–12. This system was
inductively powered. As discussed in [27], drift can be minimized by decreasing the
distance between the sensor and the amplifier, as the parasitics will be reduced.
Measurements using a porcine heart were collected in [77] using an amplification of
10 V/V and an LPF with a cutoff of 1 Hz. For a resolution of 0.1 pH units a voltage
resolution of 5.9 mV is required for the typical Nernstian response of 59 mV pH−1.

In practice, the readout circuits commonly used for ISFETs are different.
An ISFET is an impedance transformer, so the high impedance to low impedance
node transformation is by default dealt with. As discussed in previous sections, one
approach to examining the pH sensitivity of an ISFET is to consider the pH needed
to alter the VT of the device. In order to properly assess this it is evident from the
transistor equations that the device needs to be biased at a constant ID and VDS, such
that as VT varies, the RE to source potential (VRS) changes by an equal amount to
compensate, since ID is constant. VR is constant, thus VS will change and conse-
quently also VD will change, tracking VS to maintain a constant VDS. This is
achieved by the circuit of Fig. 2.10a [132]. The current source on the top forces a
constant current through the ISFET and the bottom one forces the same current to
flow through resistor RDS. The constant voltage across this resistor is forced across
the ISFET via the two operation amplifier buffers. This circuit has been used with
both with an ISFET and a ReFET and the difference between the two was obtained
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using an instrumentation amplifier (IA). In [132] the ISFET was operated in the
saturation region, while in [192] it operated in the linear region. A variation of this
uses the instrumentation amplifier concept as in [131]. Both these circuits can be
implemented using discrete component or on-chip solutions. Another classic ISFET
circuit is the source-drain follower of [141] (Fig. 2.10b). More advanced circuit
techniques implemented in CMOS are out of the scope of this chapter and will not
be discussed. The interested reader can refer to the referenced ISFET literature for
recent circuit implementations.

2.3 Amperometric Sensors

The development of amperometric sensors focuses on different electrode materials,
enzyme immobilization techniques, mediators and coenzymes, sensor stability and
lifetime, miniaturization, and implementation. The operation of amperometric
sensors is based on applying a potential between two electrodes and measuring the
resulting current [193], typically via a third electrode. The working electrode
(typically denoted as W or WE), is the electrode that is being characterized or that
on which specific processes are characterized. The purpose of the second electrode
is to balance the charge added or removed by redox processes taking place at the
WE and also to maintain a constant interfacial potential. However, it is challenging
to perform both these tasks; thus these are separated between two electrodes, with
the task of maintaining a contact interfacial potential being carried out by the
reference electrode (R or RE) and separated by charge transfer kinetics, which are
dealt with by the third electrode, known as the counter electrode (C or CE) [194,
195]. The latter has typically a much larger area compared to the WE, such that the
effect of its interfacial impedance is minimal. No current should pass through the
RE if it is to act as a true reference electrode. The most popular amperometric

Fig. 2.10 a The differential ISFET-REFET topology. Reprinted with permission from [132]. ©
IEEE 2004 and b the ISFET source-drain follower circuit. Reprinted from [141], © 1999, with
permission from Elsevier
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sensors are sensors for the detection of glucose. Such sensors are also the most
popular and successful electrochemical sensors in general. As such, the following
discussion of amperometric sensors will begin with glucose before expanding to
other popular target analytes such as oxygen and lactate.

2.3.1 Glucose

Often glucose concentration is determined using the immobilization of glucose
oxidase in a membrane. The current between the electrodes is measured as a
function of the oxygen reduction concentration as it diffuses through the bioactive
membrane to the cathode as in (2.31) and (2.32).

Pt anode : H2O2 ! O2 þ 2Hþ þ 2e� ð2:31Þ

Ag cathode : 2AgClþ 2e� ! 2Ag0 þ 2Cl� ð2:32Þ

One approach is to measure the production of H2O2 by applying a potential of
+0.65 V versus a Pt electrode. A major drawback is the dependence of the
biosensor from the dissolved oxygen concentration. A possible method to overcome
this issue is to use mediators playing the role of transfering electrons directly to the
electrode. These mediators are important to react quickly with the reduced form of
the enzyme and to be sufficiently soluble in both the oxidized and reduced form,
such that they diffuse rapidly between the electrode surface and the active site of the
enzyme. One very important aspect of using mediators is associated with their
solubility; it must be non-toxic if there is a possibility of losing the mediator in the
biosensor microenvironment. Some of the requirements are related to the reduced
form of the mediator, which should not readily react with oxygen; also the gen-
eration of the oxidized mediator at the electrode surface should be low and inde-
pendent of pH. Ferrocene is a commonly used mediator. A schematic figure of the
different techniques in the development of amperometric biosensors is shown in
Fig. 2.11 [196].

Currently, electrodes are developed so that the electrons are directly removed
from the reduced enzymes without the need for mediators. The current (i) is related
to the rate of reaction (vA) by:

i ¼ nFAvA; ð2:33Þ

where n represents the number of electrons transferred, A is the electrode area, and
F is the Faraday constant. External membranes are used to achieve a diffusional
controlled rate of reaction. The electrical current produced is proportional to the
analyte concentration and independent of the electrochemical kinetics.

Roche Diagnostics [197] advanced the realization of redox enzyme-based sys-
tems for glucose and lactate. They developed stable, thick films with good adhesion
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over screen-printed working electrodes using the oxidase enzyme. A biocompatible
membrane consisting of a PVC copolymer with vinyl acetate/vinyl maleine was
used. Minimization of the electrochemical interferences through measurements at
reduced polarized voltages was achieved using an MnO2-carbon ink composite
electrode, where oxygen from the enzyme reaction aids in replenishing the substrate
such that the linear working range is extended.

In [198], the authors used SiO2 nanoparticles (NPs) to control the transmem-
brane potential by using a combination of an enzyme, an electron mediator, and a
selectivity membrane barrier. Permeability is one of the important features for
sensor performance. In a modeling study [199] it was found that a greater barrier is
achieved with layer-by-layer deposition related to a bigger response. The reason is
the reduced permeability to H2O2 and its accumulation in the sensing layer.

It was observed that using single-wall CNTs and glucose oxidase entrapped
within a polypyrrole layer considerably extends the upper linear range, with
detection limits down to the micromolar level [200]. In another case, lowering the
polarization voltage was achieved using carboxylated graphene, enabling
self-assembly (enzyme prosthetic group with direct electron exchange) of the
glucose oxidase.

Fig. 2.11 Schematic
representation of different
biosensor generations.
Reprinted with permission
from [196]. © 2003 from
JBCS
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The pyrroloquinoline quinone (PQQ) cofactor is also used as an electron carrier
to a mediator or directly to the polarized electrode, where O2 dependence is not
observed. Ruthenium hexamine and osmium complexes are used to construct
commercial glucose strips [201]. Direct electron transfer is also achieved by using
nanoporous carbon electrodes. The reported PPQ-glucose dehydrogenase enzyme is
not as selective as glucose oxidase, but it was modified genetically. FAD-glucose
dehydrogenase is modified to give better glucose sensitivity [202].

A nonenzymatic glucose sensor with wide linear range, low detection limit and
good selectivity, based on in situ synthesis of Au NPs on reduced graphene oxide
(rGO) was reported in [203]. In [204], polymer-enzyme-metallic NP composite
films are prepared for glucose and galactose. In [205] perovskite-type oxide
La0.88Sr0.12MnO3 (LSMO) nanofibers made by electrospinning and calcination,
demonstrated wide linear range, high sensitivity, and a rapid response time.

A xerogel-based amperometric sensor was developed in [206] (Fig. 2.12), which
demonstrated a linear range of detection (>24–28 mM glucose), fast response time,
and discrimination against interferences, such as acetaminophen, ascorbic acid
(AA), sodium nitrite, oxalic acid, and uric acid.

A remotely powered telemetric implantable sensor chip (Fig. 2.13) for subcu-
taneous applications with integrated electronics was presented in [207]. The
potentiostat developed generated an output current which in turn was converted into
an output frequency. The signal was used together with a load modulator circuit to
transmit the data. The sensor was comprised of a Au counter electrode and an Au
working electrode with an enzyme-immobilized layer on top and an Ag RE. The
sensors had a glucose detection range of 0–40 mM.

2.3.2 Commercially Available Implantable Glucose Sensors

Monitoring glucose levels of diabetic patients is an enormous market, which is
constantly increasing. As a result, the implantable sensors research field as well as
the market is driven by the development of glucose monitoring systems. It comes
thus as no surprise that the first FDA-approved and CE-marked commercially
available implantable sensing products are for glucose monitoring. Such an
approach is particularly important for Type I diabetes patients, who depend on daily
insulin injections. These patients require rigorous monitoring of their glucose levels
(ideally about every 5 min), as large fluctuations of blood glucose levels take place
due to the insulin therapy. The Medtronic Enlite [208], the Dexcom S5 [209], and
the Abbott Freestyle Libre [210] (Fig. 2.14) are examples of such commercially
available implantable glucose sensing systems. The sensors use glucose oxidase
catalyzed oxidation of glucose and are implanted transcutaneously so they do not
measure blood glucose directly. Instead they measure the interstitial fluid of the
subcutaneous tissue. Nevertheless, prick finger stick tests are still necessary, as they
are required to calibrate the implanted sensor. The Enlite recommends 3–4 prick
tests a day and the Dexcom at least 2 prick tests a day, while the Libre claims that it
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Fig. 2.13 a The telemetrically powered and interrogated implantable continuous blood glucose
monitoring system with a three-electrode amperometric glucose sensor and ASIC and the front-end
potentiostat electronics implemented as in b using a novel current mirror-based topology.
Reprinted with permission from [207]. © IEEE 2009

Fig. 2.12 Schematic of a layered xerogel-based amperometric sensor consisting of enzyme
doped, diffusion limiting xerogel layers, semipermeable eletropolymerized polyphenol and a
polyurethane outer membrane. Reprinted with permission from [206]. © American Chemical
Society 2015
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does not need any. Nevertheless, according to the product’s website: prick tests are
required “during times of rapidly changing glucose levels when interstitial fluid
glucose levels may not accurately reflect blood glucose levels, or if hypoglycemia
or impending hypoglycemia is reported or the symptoms do not match the system
readings” [210]. The Enlite sensor can be implanted for up to 6 days, the Dexcomm
for up to 7 days and the Libre for up to 14 days. These sensors can be linked to
mobile phone and tablet applications and also have their own devices with which
they can communicate if needed to provide the patient with warning and glucose
level trends and recommendations. Such implantable systems can be linked with
insulin pump systems to essentially create an artificial pancreas, which (depending
on the implant sensor readings) can deliver the necessary amount of insulin
immediately when needed. One example of such a system is the Medtronic
MiniMed 530G pump, which works together with the Medtronic Enlite sensor. The
system provides patients with a 30 min warning as to whether their glucose levels
are going up or down. Information is updated every 5 min to provide a real-time
and realistic image of the trends and the insulin delivery is controlled according to
the sensor readings and preset settings.

2.3.3 Lactate

Lactate is another important analyte. Lactic acid production can be increased in the
case of haemorrhagic shock or pulmonary embolism [211] related to anaerobic
metabolism. Increased levels of lactate can be observed in pathological conditions
such as respiratory failure [211], liver disease [212], endotoxin [213] or cardiogenic
[214] shocks, and tissue hypoxia [215]. Lactate levels can increase and lead to
acidosis in the event of insufficient oxygen supply during childbirth. Hypoxic/
acidotic distress in fetuses during labour [216] has been detected from fetal scalp
blood measurements of lactate and pH. The possibility of developing metastasis in
cancer and tumour cells is associated with high levels of lactate [217]. Acidification
around the cancer cells and tumours is related to lactate levels because of changes in
the ratio of lactate production to lactate consumption [218]. Lactate is related to
brain metabolism and plays an important role in brain tissue, [219] and its

Fig. 2.14 aMedtronic MiniMed 530G pump [208] and Enlite sensor (Given Imaging), b Dexcom
S5 CGM [209] (Given Imaging), and c the Abbott Freestyle Libre [210] (Given Imaging).
FreeStyle and related brand marks are the trademarks of Abbott Diabetes Care in various
jurisdictions
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measurement would provide important information regarding stroke and head
trauma [220, 221]. It was demonstrated in [222] that the extracellular lactate level is
related to sleep: it is increases while awake and decreases during sleep. Commonly
used enzymes for lactate sensors are lactate oxidase and lactate dehydrogenase. It is
very important to have a high transport rate of oxygen versus substrate so as to
maximize the linear operational range. A study [223] showed that oxygen con-
centration in the enzyme layer is minimally changed when compared with the bulk
solution. The operating voltage was reduced when using a cobalt phthalocyanine as
an electron mediator [224] on modified screen-printed electrodes. Stabilization of
the enzyme can be achieved by crosslinking. Enhanced enzyme stability when
mucin is employed in the crosslinking has been reported [225]. Immobilized lactate
oxidase on a 3D macroporous Au construct showed that electrode architecture and
surface area are important [226].

A possible way to increase the sensitivity of enzymatic biosensors is to increase
the surface area using nanomaterials such Au NPs [227], Pt NPs [228, 229], CNTs
[230, 231], NPs of metal oxides such as molybdenum oxide [232] or niobium oxide
[233] and NPs of semiconducting materials like zinc oxide [234]. An alternative is
to use a bioenzyme system, where for example horseradish peroxidase is combined
with lactate oxidase [235]. For long-term use, enzyme stability is critical. There are
different ways to achieve this, such as crosslinking [236, 237], entrapment in
conductive or nonconductive polymers [236, 238], entrapment in sol-gel [239,
240], and immobilization with another biological component, such as bovine serum
albumin and covalent attachment of the enzyme to the electrode [241]. Leakage can
be prevented by using a combination of a sol-gel matrix and covalent attachment of
the enzyme [242], where the carboxylic group of lactate dehydrogenase is cova-
lently linked to the amino group in the organoalkoxysilane precursor. Higher
sensitivity and stability are reported based on molecular interactions with chitosan
[243]. A number of different approaches have been investigated to reduce the
interfering species, one of which involves the use of a mediator, such as phenazine
methosulfate [244]. Alternatively, protection and reduction of interference can be
achieved by the use of permselective membranes [245, 246] or multilayer polymers
[247, 248]. The membranes will serve as a barrier and also as an antifouling
component [249]. Such approaches also aid in increasing the linear response of the
sensor. Nafion is one such commonly used polymer [223, 250–252].

Thanks to improvements in sensitivity, portability and low detection limits a
number of commercial electrochemical lactate sensors are available [223].
Implantable sensors sampling interstitial fluids are less invasive than those sampling
blood. Nevertheless, this is still an invasive process. It has been found that lactate
levels in tear fluid correlate well with the blood lactate level, which, provided there
is a safe interface between the eye and the sensor, has the potential of providing
completely non-invasive measurements [223].

L-lactate oxidase catalyses the oxidation of L-lactate to pyruvate in the presence
of dissolved oxygen. The hydrogen peroxide formed is electrochemically active and
the produced current is proportional to the L-lactate concentration as in
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L-LactateþO2���������!L�lactate oxidase
PyruvateþH2O2 ð2:34Þ

H2O2 ! 2Hþ þ 2e� ð2:35Þ

The electrons are transferred in the enzyme structure through a FAD cofactor.
Because of the oxygen participation in the reaction and the related difficulties of
additional methods to detect the oxygen level, another approach was investigated.
This involved the use of L-lactate dehydrogenase instead of L-lactate oxidase. This
type of enzyme needs a coenzyme (NADH or NADPH):

L-LactateþNADþ �������������!L�lactate dehydrogenase
pyruvateþNADHþHþ ð2:36Þ

The coenzyme acts as a mediator and transports the electrons between the
electrode surface and the enzyme. However, the use of coenzymes in vivo is related
to challenges associated with high oxidation potential and an additional need for
optimization [233].

2.3.4 Oxygen

Physiological oxygenation is fundamental to tissue metabolism, providing impor-
tant information regarding the oxygen supply and local tissue oxygen uptake.
Oxygen partial pressure is the standard measure of the oxygenation state. The
common pathway of oxygen supply is from the arterial circulation via cellular and
extracellular capillaries through diffusive transport in the interstitial tissue space to
individual cells. Hb saturation measurement using pulse oximetry has proved a
valuable, non-invasive measurement of the oxygenation state, but it is focused on
the arterial compartment.

The Clark oxygen electrode is well known, where reduction of oxygen is
detected on Pt surface as in (2.37) and (2.38). The applied potential is −0.65 V
versus Ag/AgCl RE and the detected current is proportional to the oxygen con-
centration. Both electrodes are separated from the solution by an oxygen-permeable
plastic membrane such as polytetrafluoroethylene or Teflon.

Ag anode : 4Ag0 þ 4Cl� ! 4AgClþ 4e� ð2:37Þ

Pt cathode : O2 þ 4Hþ þ 4e� ! 2H2O ð2:38Þ

The rate of the electrochemical reaction depends on the diffusion rate of oxygen
from the bulk of the solution, which is related to the concentration gradient and bulk
oxygen concentration. Oxygen electrodes measure the rate of the process, that is far

2 Electrochemical Sensor Designs for Biomedical Implants 67



from equilibrium (in contrast to ISEs which measure close to equilibrium condi-
tions), because they are more sensitive to temperature, as discussed in [193].

The Clark oxygen electrode has addressed the major challenges of biofouling,
selectivity and sample convection through the use of a hydrophobic gas permeable
membrane with an internal electrolyte film for stable electrochemistry. However,
miniaturization of this type of electrode is challenging. This is mainly due to the
problem of bonding and integrating the hydrophobic gas membrane with the body
of the device, where the internal electrolyte can be removed during the sterilization
process. A microfabricated version containing three electrodes, a glass substrate
with a fluorinated ethylene propylene oxygen-permeable membrane, and a PDMS
(polydimethylsiloxane) tank used for storing solution has been described [253].
Miniaturization using a glass capillary platform has been achieved [254]; however,
due to the fragility of the glass used these are not suitable for in vivo use. Other
polarographic electrodes, e.g. measuring current that is generated when pair a
cathode and anode pair are immersed in an electrolyte solution [255], have been
described, where oxygen diffuses through a polyethylene wall into the electrolyte
solution, but relative long response times are observed here. A commercial variant
of the Clark electrode has been produced for brain monitoring [256]. The sensor is
based on an O2 permeable polypropylene tube, rather than a planar membrane, to
house the inner electrolyte solution.

Various experimental physiological studies have been conducted using Clark
electrode variants. Muscle tissue has been monitored to assess treatment in septic
shock, as well as human head and neck solid cancer tissue. The Eppendorf electrode
consists of a central Au and Pt wire encased in glass [257] with the overall sensing
electrode constructed within a protective metal needle of 300 µm o.d. Another
Licox 0.8 mm tip diameter electrode has been used to monitor pO2 of central retinal
vein occlusion during vitrectomy [258, 259].

A non-membrane alternative for protecting the electrochemical tip surface is to
incorporate it into a recess. Recessed polarographic cathode Au microelectrodes
have been reported in [260]. The construct used was a metal alloy within a glass
micropipette; the device is quite complicated and in vivo use would be difficult
because of likely damage during percutaneous insertion. Additional problems with
the etched needle microelectrode design include hydration and weakening of the
glass insulation over time and membrane disruption during insertion [261].

To limit the diffusion of oxygen and control the oxygen consumption, a
p(HEMA)-based hydrogel was used. The constructed sensor was used in combi-
nation with other sensors for detection of analytes in tissue brain. In [262], a sensor
for oxygen detection in the brain using carbon paste electrodes was presented. Such
oxygen sensors have the advantage of being less prone to surface poisoning, thus
requiring (in contrast to metal-based sensors) no additional protective membranes.
The sensors were fabricated by using Teflon-covered silver wires and carbon paste
prepared with graphite powder and silicone oil. Electrochemical reduction of O2

took place at a potential of −650 mV and the sensor demonstrated a sensitivity of
−1.49 nA µM−1. In vivo experiments in rat brains for monitoring tissue O2 in the
brain’s extracellular fluid, where hypoxia and hyperoxia were artificially induced,
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validated the sensor operation. The sensor performance demonstrated no sensitivity
to pH, temperature, or flow and an in vivo stability over 12 weeks.

2.3.5 Oxygen Dependence

The majority of amperometric sensors depend on oxidase enzymes which catalyze
analyte oxidation to form hydrogen peroxide, which is in turn amperometrically
recorded at the working electrode. This transduction process in most oxidase
enzymes depends on the local oxygen concentration [1]. In implantable applications
this is an important sensor failure parameter, as the dissolved body oxygen is
significantly lower than that of target analytes. Exogenous environmental condi-
tions (e.g. anesthesia), endogenous physiological responses (e.g. due to physical
exercise) and local inflammatory response during implantation, reduce oxygen
levels further. The latter is a significant source of oxygen exhaustion [263]. This
will be an issue when ischemic events are studied, as by definition tissue oxygen
levels are low. These will affect the accuracy of the sensor, as oxygen inadequacy
will saturate the sensor at high concentrations of the analyte [1]. The concentrations
of glucose and lactate in the brain and in the interstitial fluid of the transcutaneous
tissue are high and in the mM range. According to [264], tissue oxygen concen-
tration is an order of magnitude lower than glucose.

Many techniques have been proposed which aim at decreasing the dependence
of the transduction process on the local oxygen concentration and can be separated
into three generations of sensors Fig. 2.11. Second-generation sensors decrease
oxygen dependence by means of synthetic redox mediators to compete with oxygen
concentration. In third-generation sensors, the redox cofactor of the enzyme is
bound directly to the working electrode to re-reduce or re-oxidize the enzyme.
According to [1], the second and third generations have never been tested in vivo
due to toxicity concerns. In addition, the need for additional outer membranes to
reduce the risk of biofouling and leaching makes first-generation sensors more
appealing. This family of sensors uses such membranes in order to reduce the flux
of the target analyte to the sensor enzyme layer by, for example, 100, while at the
same time the flux of oxygen is effectively unaffected, leading to an enzyme layer
rich in oxygen. An additional advantage of this is that the sensor’s response time is
no longer dependent on the kinetics of the enzymatic reaction, which is temperature
and concentration dependent, but rather by mass transfer, i.e. the influx of the target
analyte into the sensor’s enzyme layer [1, 263]. While these analyte flux-limiting
membranes address the issue with oxygen, they lead to decreased sensor sensitivity
and an increased response time [1, 263].
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2.3.6 Multi-parametric Amperometric Systems

Guiseppi-Elli et al. have presented a number of amperometric systems for im-
plantable applications [265–268]. In [265] the authors present a 2 � 4 � 0.5 mm
chip with two Pt working electrodes (Fig. 2.15a). Each working electrode is cov-
ered by a passivation layer, which has a circular opening to form Pt microdiscs.
This minimizes the diffusional limitation associated with enzyme kinetics [265].
Each working electrode is complemented by a large Pt counter electrode while a
single Ag/AgCl electrode works as a common RE to both electrode sensing sets.
A 1 µm thick layer was deposited on the working electrode, comprised of “te-
traethylene glycol (TEGDA) cross-linked poly(2-hydroxyethyl methacrylate) that
also contained a derivatized polypyrrole component and a biomimetic methacrylate
component with pendant phosphorylcholine groups” [265], providing interference
screening and in vivo biocompatibility, and used to immobilize glucose oxidase and
lactate oxidase to create glucose and lactate sensors. The glucose sensor had a linear
range of 0.1–13 mM and the lactate sensor up to 90 mM. The lactate linear range
sensing response was 30-fold greater than that obtained from a sensor without the
microdisc passivation openings. The sensors retained 80% of their initial perfor-
mance after 5 days of continuous measurements in vitro. A similar topology was
presented in [266, 267], with the relevant potentiostat electronics (Fig. 2.15b) in
[266] and its use in lactate and glucose sensing in [267]. The same electrode array
was used in [268, 269] together with a commercially available wireless potentiostat
from Pinnacle Technology, Inc. [270] designed for tethered implantable in vivo
central nervous system (CNS) applications in rats (Fig. 2.15c). The authors focused
in [269] on trauma-induced hemorrhage applications and the system was validated
in vivo with a hemorrhage model, where tissue lactate rose more rapidly.
Immobilized on each working electrode were glucose oxidase or lactate oxidase
within a biorecognition layer with a thickness of 1.0–5.0 lm. This was a 3 mol%
tetraethyleneglycol diacrylate cross-linked p(HEMA-co-PEGMA-co-HMMA-co-
SPA)-p(Py-co-PyBA) electroconductive hydrogel. The device was subsequently
coated with a bioactive hydrogel layer containing phosphoryl choline and poly-
ethylene glycol pendant moieties [p(HEMA-co-PEGMA-co-HMMA-co-MPC)] to
increase the biocompatibility of the implanted sensor platform. The sensors
demonstrated linear ranges of 0.1–13 mM concentration range for glucose and
1–7 mM for lactate with response times of 50 and 35–30 s respectively. Extensive
in vitro experimentation demonstrated the biocompatibility of the implanted sen-
sors, while in vivo experiments of up to two weeks demonstrated only a thin band
of encapsulation and reduced inflammation of poly(2-hydroxyethyl methacrylate)
(p(HEMA)) hydrogels containing phosphorylchlorine in contrast to unmodified
p(HEMA).

A multisite microelectrode array for in vivo measurements was presented in
[252] (Fig. 2.16a) where the authors demonstrated its use for monitoring rapid
endogenous changes in brain tissue. The polyimide platform of Fig. 2.16b was used
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for detection of glucose, lactate, glutamate, and O2 in soft tissues, such as muscles
or abdominal tissues and also brain tissue [271].

Amperometric sensors are also applicable to experimental neuroscience appli-
cations, where for example researchers are interested in the CNS [262, 272, 273]
and where microdialysis systems lack the temporal resolution necessary for the
rapid changes in brain metabolism [272]. The brain requires up to 25% of total
glucose consumption, being the main energy substrate for glial cells and neurons,
with lactate and pyruvate following at a smaller extent in the adult brain [272].

Fig. 2.15 a The three-electrode amperometric sensing device with two sets of Pt CE and
micropore WEs and a common Ag/AgCl RE. Reprinted with permission from [265]. © IEEE
2005. b Amperometric sensors. Reprinted with permission from [266]. © Springer 2008. Each
amperometric sensing system has its own RE, which are, however, shorted together. Similarly to
(a), these are microdisc WEs; in this case there are 37 microdisc openings in the passivation 50 µm
in diameter and with a pitch of 100 µm. c Lactate and glucose measurements in the trapezius
muscle of a rat via sensors similar to those of (b) and with a head-mounted wireless dual channel
potentiostat. Reprinted with permission from [268]. © Springer 2010

Fig. 2.16 a Ceramic-based multisite microelectrode with 50 µm � 150 µm recording sites. The
various sensor layers are shown on the right. Reprinted from [252], © 2005, with permission from
Elsevier. b Cross-sectional view of the multi-layer structure, which is composed of polyimidesub-
strate, deposited Pt electrodes, insulation from spin-coated epoxy and a laminated dry-film resist.
All electrodes are modified with hydrogel membranes. Reprinted with permission from [271].
© IEEE 2014
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Disturbances in the regulation of the brain energy metabolism are associated with
learning and memory impairments and neuropathologies such as epilepsy, menin-
gitis, and ischemia [272]. Brain glucose and lactate concentrations are typically
between 1–2 mM and pyruvate in the region of 200 µM. An implantable system for
amperometric detection of glucose, lactate, and pyruvate using needle Pt electrodes
(Fig. 2.17) was presented in [272]. Electrodes were coated via cyclic voltammetry
with a permselective membrane (PmPD). These were then coated manually with a
hydrogel of either GOx, LOx, or POx, cross-linked with glutaraldehyde (GA) and
bovine serum albumin (BSA). An electrode with just the PmPD layer was also
included to record the background (BG). All sensors demonstrated limits of
detection (LOD) lower than 5 µM. The lactate sensor used, was loaded by a 0.4 U
µL−1 of LOx and had an additional external layer of polyacrylonitrile (PAN) and
demonstrated a LOD of 0.86 µM, a linear range of 1.13 mM and a sensitivity of
241.14 nA mM−1. The system was tested in vivo with rats to monitor the levels of
these markers in their brains during induced hypo- and hyper-glycaemia, with all
sensors retaining high sensitivity and selectivity after implantation. The lactate
sensors were the least affected by the in vivo environment due to the additional
PAN layer. Similarly in [273], carbon and Pt-based sensors were used for the
amperometric detection of AA, O2 and glucose in the striatum of untethered, freely
moving rats using a biotelemetric device. One of the most important low molecular
weight antioxidants in the brain is vitamin AA. Electrodes at a mild anodic potential
(+120 mV) can detect AA amperometrically. The AA sensors were fabricated using
a graphite-loaded epoxy which was patterned with a drill to form a needle with a tip
diameter of 25 µm. The sensor demonstrated a sensitivity of 7.3 pA µM−1. The O2

sensor was fabricated similarly to the AA sensors, with an additional surface
treatment of cellulose nitrate. The O2 sensors achieved a 213 pA µM−1 sensitivity.
The glucose sensor was fabricated using a Teflon-covered Pt wire. GOx was
deposited on the Pt and poly(ortho-phenylenediamine) (p-OPD) was electrosyn-
thesized on the sensor against an Ag/AgCl reference and H2O2 electro-oxidation

Fig. 2.17 The multisensory
amperometric platform
developed. Reprinted with
permission from [272],
© Elsevier 2015
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was subsequently carried out, finalizing the glucose sensor fabrication. The sensor
demonstrated a linear region with a slope of 15.2 nA mM−1 at concentrations
between 0 and 2 mM.

2.3.7 Voltammetry

Voltammetry is an analytical method that, similarly to amperometry, measures the
current through an electrochemical cell under an applied potential. The difference is
that while in amperometry the applied potential is constant, in voltammetry the
applied potential changes linearly over time. This is known as linear sweep
voltammetry (LSV). The linear rate of change of the applied potential can vary from
a few µV s−1 to mV s−1 and it is known as the scan rate. The sensitivity of the
measurement can be improved by increasing the scan rate, as more redox reactions
will take place per second on the WE. For example, the peak current may be
proportional to the square root of the scan rate. As in amperometry, a
three-electrode system is typically used. The concentration of the material under-
going the redox reaction and the faradaic current are according to

if ¼ �nFAD
@C x; tð Þ

@x

����
x¼0

; ð2:39Þ

where A is the area of the electrode involved in the reaction, D is the diffusion
coefficient, and C(x,t) is a function of concentration of the analyte at a distance from
the electrode at time t. During the measurements, redox reactions must occur at both
the WE and CE. In most cases, the WE is a polarizable electrode (i.e. from a noble
metal, such as Au or Pt, or carbon-based materials, such as glassy carbon and
graphite), which must also be electrochemically inert, unless it is the electrode itself
that is to be characterized. The voltage drop across the double layer provides the
energy for the electron transfer. Considering a generic redox reaction, then:

Oþ ne� , R, ð2:40Þ

where O is the oxidized form, R is the reduced form of the analyte, and n is the
number of electrons (e−) exchanged in the reaction. When equilibrium is achieved,
the potential difference, EM, between the solution and the electrode depends on
electrode material and the concentration of the analyte. The potential is the Nernst
potential and given by the Nernst equation:

EM ¼ E0 þ RT
nF

ln
C0

CR

� 	
ð2:41Þ

where E0 is the standard potential of the reaction, R is the molar gas constant
(8.3145 J Kmol−1), T is temperature, n is the number of electrons exchanged in the
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reaction, F is Faraday’s constant (9.6485 � 104 C mol−1), C0 is the concentration
of the oxidized form, and CR is the concentration of the reduced form [274]. In
more concentrated solutions the concentrations CR and C0 must be replaced by
chemical activities. For solid phase reactants at T = 298 K, the Nernst equation
becomes:

EM ¼ E0 þ 59:2mV
n

log10
C0

CR

� 	
ð2:42Þ

For a normal hydrogen electrode, E0 is defined to be 0 V. When the cell is away
from equilibrium:

C0

CR
¼ exp

E0 � Eð ÞnF
RT

� 	
ð2:43Þ

Different parameters control the rate of the reaction, such as the applied potential
between the working and counter electrodes, the mass transfer to the surface of the
electrode and of the product, adsorption of ions on the electrode surface, and the
electron kinetics of the redox reaction. The Cottrell equation is used for quantiative
analysis and to measure the electrode area, where the Ipa is related to the concen-
tration of the measured redox molecule [275]

Ipa ¼ nFACjD
1=2
j ptð Þ�1=2 ð2:44Þ

where n is the number of electrons interchanged on the redox reaction, F is the
Faraday constant (C/mol), A is the area of the working electrode (cm2), C is the
concentration (mol/cm3), D is the diffusion coefficient of the redox species (cm2/s),
and t is time (s).

There are many variations of this electroanalytical technique that fall under the
term “voltammetry”. Different voltammetric techniques arise, depending on how
the applied potential changes. Thus, in addition to LSV, techniques include stair-
case voltammetry, square wave voltammetry (SWV), differential pulse voltamme-
try, cyclic voltammetry (CV), and fast-scan cyclic voltammetry (FSCV). Staircase
voltammetry is a variation of LSV, where, as the name suggests, the applied voltage
is increased in steps. Measurements are recorded at the end of each step. This
allows enough time for the signal to settle, in order to minimize contributions from
capacitive charging (i.e. non-faradaic currents). A variation of these methods is
SWV, which is a type of differential pulse voltammetry, where the pulse width is
50% of the cycle time of the square wave used. Basically, a square wave stimulus
is superimposed on a linear staircase waveform. Similarly to staircase voltammetry,
non-faradaic current contributions are minimized. Measurements are performed at
the end of the forward and reverse half cycles of the stimulus. The two recorded
currents are similar to those obtained from CV, as will be explained subsequently.
However, in differential pulse voltammetry, the difference of these currents is
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plotted instead. Peaks and troughs are associated with redox reactions taking place
at specific potentials and the magnitude of the current is proportional to the con-
centration of the redox active species.

CV is an extension of LSV where the voltage is immediately swept back at the
same rate instead of sweeping the voltage in one direction, as in Fig. 2.18a. A typical
cyclic voltammogram is shown in Fig. 2.18b. CV has several advantages; the
reverse sweep gives additional information regarding the reactions taking place
within the electrochemical cell. These include whether the reaction is reversible (in
which case the reverse sweep converts the material back to its initial form), infor-
mation about the transfer kinetics of the reaction, and the intermediate products of
the reaction [274, 276, 277]. As shown in Fig. 2.18b, troughs and peaks in the
recorded current response of a typical CV voltammogram correspond to the potential
at which oxidation or reduction of species takes place, respectively. The peak cur-
rents increase with the increasing concentration of the target analyte and with
increasing scan rate if the concentration is kept constant. FSCV is used as a term to
described measurements undertaken with scan rates in the mV s−1 region. Such high
scan rates are used to perform rapid measurements for high temporal resolution. As
such, FSCV is useful for in vivo measurements for the detection of neurotransmit-
ters, metabolites and hormones. This is because at these scan rates, FSCV can
perform voltammetric measurements at *100 ms which is on the same timescale as
that of neurotransmission, thus enabling real-time measurements of neurochemical
dynamics. Since a cyclic voltammogram is obtained, FSCV offers greater specificity,
as the chemical signatures of different species at different potentials can be identified.
In such applications, carbon fiber microelectrodes are typically used and since each
species of interest will have unique redox potentials, a high specificity is achieved.
Nevertheless, the applied potential must not exceed 1.23 V, where water electrolysis
takes place. On the same time, the current flowing though the cell, which is a
function of the applied potential and the electrode tissue interface impedances,
among others, must also remain low to avoid cell lysis and depolarization.

From the above, we can see that voltammetry provides us with important
information regarding the kinetic and thermodynamic parameters of
electron-transfer events. In more detail, CV is typically used for the characterization
of an electrochemical system and provides information regarding electron

Fig. 2.18 a Black: LSV, blue: staircase voltammetry, green: SWV stimulus waveforms. b CV
stimulus waveform
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stoichiometry, diffusion coefficients, reversibility, and the redox potential of the
process being examined. Identifying the latter allows one to properly perform
amperometric measurements. The two techniques, in terms of signals applied and
measured, are similar in that the current is measured while a voltage is applied, but
in amperometry the applied voltage is a constant d.c. potential, while in cyclic
voltammetry it is a triangular waveform. Thus, the same front-end electronics can
be used in both applications.

An important implantable application in which CV and amperometry are used is
in neurotransmitter sensing, where they can be combined with traditional electrical
action potential recordings for neuroprosthetics applications and basic neuroscience
research.

2.3.8 Neurotransmitter Sensing

The majority of the communication in the nervous system is via electrical impulses.
Many systems have been developed for the recording of these for various im-
plantable and benchtop/basic research applications [278]. An example is shown in
Fig. 2.19a, b. Communication between neurons is performed at sites known as
synapses. These allow a neuron to transfer information to another neuron. At a
synapse the plasma membranes of the two neurons are in close proximity, and
various molecular machinery link the two membranes together for the purposes of
the signaling process. The neuron transferring the signal is known as the presy-
naptic neuron (the transmitter in electronic engineering terms) and the target neuron
is known as the postsynaptic cell (i.e. the receiver). This is illustrated in Fig. 2.19c.
There are two types of synapses, electrical and chemical. In the former, cell
membranes are connected via gap junctions. These are conductive channels capable
of passing electrical current. In chemical synapses, however, there are no con-
ductive pathways, and communication is established via the release or uptake of
chemicals known as neurotransmitters. Neurotransmitters play the role of chemical
messengers which send the signal between neurons and other cells. The activation
of voltage-gated calcium channels allows the conversion of electrical activity in the
presynaptic neuron into the release of excitatory or inhibitory neurotransmitters into
the synapse. Thus, electrical and chemical neural activities are tightly coupled
together [279]. The released neurotransmitter diffuses towards the postsynaptic
neuron and binds to specific protein receptors in the plasma membrane of the
postsynaptic cell. This causes excitatory or inhibitory postsynaptic potentials. These
are integrated by the neuron and lead to physiological changes which will determine
whether an action potential will be fired by the postsynaptic neuron.

Neurotransmitters play a very important role in controlling behavioral and
physiological conditions. They are involved in the processes of sleep, learning,
appetite, and memory [280]. Detection and monitoring of neurotransmitters, such as
nitric oxide, glutamate, gamma-aminobutyric acid(c-aminobutyric acid) (GABA),
acetylcholine, norepinephrine, and dopamine, is extremely important for research in
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the neurochemistry of the nervous system as it can reveal how information is
transmitted and processed. Recording these at different areas of the brain would
help us understand further the neurophysiology of sensory-motor systems and
encoding in the auditory nerve and visual cortex [281]. This would be also
important since various neuropathologies, such as Parkinson’s disease, epilepsy,
schizophrenia, substance addiction, and stroke are associated with neurotransmit-
ters, while it may lead to advances also in neural prostheses (closed-loop systems),
artificial limbs, brain-computer interfaces (BCI), and tissue engineering [282].

Electroactive monoamines such as serotonin, norepinephrine, epinephrine, and
dopamine are of interest. Because these neurotransmitters are redox active, they can
be measured by electrochemical methods at their oxidation or reduction potential.
In the brain other electroactive neurochemicals are present, which can interfere with
the detection of neurotransmitters. Common inteferants include AA and uric acid.
The extracellular concentration of neurotransmitters is low and their concentrations
can change rapidly, which is why their in vivo measurement is challenging [283].
Optical and chromatographic techniques, positron emission tomography (PET), and
single photon emission computerized tomography (SPECT) have been used for the
detection and analysis of neurotransmitters. These are, however, large, high-power,
complicated, and expensive techniques, most capable of detecting the reaction
products of neurotransmitters, with low quantitative, temporal, and spatial resolu-
tion [272, 282].

Depending on the target analyte, highly sensitive front-end sensor recording
electronics (potentiostats) with current measuring capabilities ranging from fA to
mA may be required; thus the recording electronics need to have a wide dynamic
range. At the same time, the sensors themselves must demonstrate fast response
times and low hysteresis. As mentioned previously, in a typical amperometric/
voltammetric cell there are three electrodes. No current should flow through the RE,
to prevent an ohmic drop forming across the solution which would influence the
potential between reference and working electrodes. However, in most neuro-
transmitter detection applications, the currents can be very low, leading to negli-
gible ohmic drops across the solution. Hence, reference and counter electrode

Fig. 2.19 Examples of multichannel CMOS ASICs for the measurement of action potentials from
electrogenic cells of a brain slices and b neuronal cell cultures in vitro and directly on the ASIC via
on-chip electrode arrays and recording electronics. Reprinted with permission from [278]. © IEEE
2011. c Neurochemical signaling between two neurons at a synapse. Reprinted with permission
from [279]. © IEEE 2009
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terminals can be short-circuited and two electrodes can thus be used instead of three
[281, 282]. Thakor et al. have developed a number of CMOS-based integrated
potentiostats for implantable neurochemical sensing and neuroprosthetics [279,
281, 282, 284]. A two-electrode system was similarly used in [285]. The tele-
metrically operated system was used to record extracellular levels of dopamine in
the caudate-putamen of an anesthetized rat, elicited via electrical stimulation of the
medial forebrain bundle. The system was capable of performing both
chrono-amperometric measurements and fast-scan cyclic voltammetry (FSCV).
CMOS on-chip recordings of transmitter release were presented in [286], via
post-processing of the chips such that aluminum electrodes are converted into
Ti/Au electrodes. A 96 channel potentiostat with on-chip Au electrodes and
microfluidics (Fig. 2.20a–c) incorporated on the CMOS die was demonstrated in
[287]. Flat 2D electrodes (Fig. 2.20a) were developed on chip for neural culture
measurements, while 3D electrode spikes (Fig. 2.20b) were developed for brain
slice measurements. An amperometric CMOS ASIC was presented in [288] toge-
ther with a microfabricated multi-electrode platform (Fig. 2.20d–f) for neuro-
transmitter sensing. The Au working electrodes of the array (Fig. 2.20d) were
functionalized with additional layers for the detection of dopamine and glutamate
(Fig. 2.20e, f). Since dopamine is electroactive, a MWCNT-loaded Nafion layer is
sufficient for its detection at the appropriate redox potential. AA and uric acid have
similar redox potentials and this layer increases the specificity to dopamine.
Glutamate is not electroactive; thus, an enzymatic approach was implemented with
the use of glutamate dehydrogenase (GLDH) enzyme that produces electroactive
nicotinamide adenine dinucleotide (NADH). A composite film was developed with
MWCNT, chitosan (CHIT), meldola’s blue (MDB), and GLDH. An automatic
spotting machine was used to dropcast these membranes onto the Au electrodes.

Fig. 2.20 a On-chip 2D and b 3D Au electrodes for neural cell and brain slices, respectively,
c neurotransmitter sensing and microfluidic chamber on the CMOS die. Reprinted with permission
from [287]. © IEEE 2013. d The sensors with five Au WEs, common Pt RE and Au CE. e The Au
electrodes are covered with CNT-based films. Electrodes 1, 3, and 5 with MWCNT-loaded Nafion
and electrode 2 and 4 with MDB-CHIT-MWCNT-GLDH. f Schematic sideviews of the glutamate
and dopamine sensors. Reprinted with permission from [288]. © IEEE 2016
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Some of the most used electrochemical sensors for neurotransmitter analysis are
carbon-based, because it has been shown that the surface oxides facilitate the
electrostatic interactions [289] and since carbon biocompatibility nanomaterials
with enhanced electrochemical properties [290]. The nanostructured surface is
related with larger specific surface area, increased adsorption capabilities, and
enhanced electro catalytic activity. For neurotransmitter detection the use of the
CNT-based electrodes is related to increased sensitivity and selectivity rapid elec-
tron transfer and reduced electrode fouling [291]. New carbon-hybrid materials like
CNTs or carbon nanofibers directly on tetrahedral amorphous carbon have also
been proposed. These demonstrated high sensitivity and selectivity in the presence
of AA [292]. The authors discussed the possibility of non-enzymatic detection of
glutamate at physiological pH.

Similarly to glutamate, lactate is also an electrochemically inactive molecule.
Specific enzymes to generate redox active molecules can be used to determine it.
Glutamate measurements with a high sensitivity of 1.95 nA mm−2 µM−1 were
demonstrated in [271], with a linear range of up to 100 µM. It was discussed that
using glutaraldehyde for cross-linking results in a thinner membrane and that a
higher concentration of enzyme could be immobilized. This increased the sensi-
tivity, but reduced the linear working range and long-term stability. The sensor was
used in measurements of extracellular concentration in the brain over 3 days.
Acetylcholine (ACh) is another important neurotransmitter. Choline (Ch) is a
neurotransmitter at nicotinic receptor sites [293]. Detection of Ch is done by using
detectable peroxidase through the use of choline oxidase [294, 295]. Determination
of ACh is connected with conversion of Ch, which leads to peroxide in two steps.

Determination of ACh needs to be corrected for the endogenous Ch, which
means that two sensors are needed, one for total ACh + Ch and one for Ch. Some
sensors are reported to measure neurotransmitters released in individual tissues,
such as the hippocampus [296, 297]. Multielectrode arrays of planar CNTs on
indium tin oxide microelectrodes have also been proposed for long-term recording
at nM concentrations of dopamine and changes in the extracellular chemical
microenvironment in mouse striatal brain slices [297]. Some issues are related to
non-specific adsorption and reduced tissue reaction and also interference from
electroactive molecules in the physiological environment. There is thus a need for
the design and development of novel approaches and materials for selective
membranes.

Implantable neural signal recording for neuroprosthetic applications and diag-
nostics is a large research area that has drawn considerable attention in recent years.
Such devices are used in both the CNS and the peripheral nervous system (PNS). At
the core of these technologies lie the electrodes necessary for recording action
potentials and for electrical stimulation. Pt and Au, conducting polymers (e.g.
PEDOT), CNTs, and graphene are some of the materials currently being used for
the electrodes. A discussion on the technology of these is out of the scope of this
chapter; the reader is referred to [298] on recent advances on flexible neural
interfaces using organic and inorganic materials.
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2.3.9 Read-Out Circuits for Amperometric
and Voltammetric Sensors

As mentioned earlier, three-electrode systems are typically used in amperometric
applications. For steady state amperometry a stable voltage source is required that
can respond rapidly to current loading of many orders of magnitude. The circuit
needs to ensure that the cell potential is kept constant with respect to the RE, and
feedback is used to achieve this irrespective of any changes in the cell impedance.
In other words, the cell potential, i.e. the potential difference between WE and RE,
needs to remain constant [195], and this is done by controlling the cell current (Icell)
[299]. The basic setup of the driving circuit of a potentiostat is shown in Fig. 2.21a.
The equivalent circuit of the three electrode electrochemical cell is shown in
(b) [299]. RCE, RWE, and RRE are the interfacial charge transfer resistances at the
CE/solution, WE/solution, and RE/solution interfaces, respectively. CCE and CWE

are the double layer capacitances at those interfaces. RS1 is the solution resistance
between CE and RE and RS2 is the solution resistance between RE and WE. As can
be seen, a voltage signal is applied to the CE and the circuit also needs to supply the
required current (Icell) for the electrochemical reaction being studied. This is so that
the CE can provide sufficient current to compensate for the redox reaction currents
at the WE. The circuits of Fig. 2.21 thus compensate for the potential drops across
the impedances along the CE-RE path [195]. Placing the RE close to the WE
minimizes potential errors due to the voltage drop across RS2, which is the only
uncompensated impedance [195]. If the CE is large enough compared to the WE,
then the effects of its interfacial impedance on the circuit operation and redox
processes taking place there are minimized and can be ignored. As mentioned
earlier, no current should flow through the RE, to avoid RE polarization, which
would influence its potential, which should be constant. To achieve this, the input
impedance of the amplifier in Fig. 2.21a should be very large and its input current
should be minimal. Depending on the application, a number of other design
parameters may become important. These include output voltage swing, input
referred offset and noise, gain, bandwidth, and slew rate. The circuit of Fig. 2.21c is
a common potentiostat configuration. A2, A3, and A4 are unity gain buffers used to
isolate the electrochemical cell from the rest of the circuit, and R1 and R2 are
summing resistors, with a low resistance in the range of 15 kX to minimize thermal
noise [195].

In the circuits of Fig. 2.21, there is a current flow (Icell) from the CE to the WE,
which needs to be recorded. This is typically done by converting this into a voltage,
which is linearly proportional to Icell, by a transimpedance amplifier (TIA),
implemented in Fig. 2.21c by A5, R3, and C. This comes with the benefit of holding
the working electrode at virtual ground, measuring with reference to ground and
measuring small currents by switching between different values of feedback
resistors. The output voltage of the TIA (Vout-TIA) is given by
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Vout�TIA ¼ �Icell � R3 ð2:45Þ

In order for A5 to provide a good virtual ground, the input-referred offset voltage
and noise current need to be minimized. The latter is particularly important as the
electrode dimensions are reduced. This is because electrode impedance increases
and the current being recorded may be very low (fA levels). In these cases active
shielding is necessary and current follower circuits are advantageous, as leakage
currents to ground are minimized. In addition, since Icell must all flow through R3,
the input bias current of the amplifier should be minimized and the input impedance
maximized. The input impedance of a TIA is low at low frequencies, thus behaving
inductively. At higher frequencies it increases and is in series with the impedance of
the electrochemical cell, which, as shown in Fig. 2.21b, is mainly capacitive. This
may lead to instabilities in the feedback circuit [299]. The feedback capacitor, C, is
used to stabilize the amplifier by reducing the bandwidth. The input impedance
issue on both A4 and A5 is particularly important when measuring very low currents,
which will require large amplifications via a large R3. As discussed in [299], in
single-supply systems the non-inverting terminal of TIAs must be biased at an
appropriate level to allow all voltages to lie within the power supply range.

The current can also be recorded by adding a resistor between the driving circuit
output and the CE or between WE and ground and measuring the potential drop
across the resistor. The former is preferable, as the direct connection of the WE to
ground ensures that its potential is constant. Also, because this is a true ground
connection, as opposed to that in the TIA circuits, this topology is insensitive to

Fig. 2.21 a The basic grounded WE topology, b The equivalent circuit of a three-electrode
electrochemical cell [300], c The same topology with buffers for isolating the reference electrode
and a TIA for recording of the current through the cell. d Recording the current through a
current-sense resistor with an instrumentation amplifier (IA)
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noise and EMI. An instrumentation amplifier (IA) is used as in Fig. 2.21d to
measure the potential difference between the two terminals of the resistor. In
addition to input impedance, input bias current, and offsets, which are once again
important, resistor tolerance and resistor thermal noise must also be considered.
Because there are no active components in the feedback path, this topology is more
stable, while both voltage and current are measured with respect to ground [299].
A disadvantage of this topology, is that R is part of the feedback loop, which limits
the voltage compliance across the cell [195, 299]. When connecting the resistor
between WE and ground, the recorded voltage needs to be fed back to the drive
circuit to ensure that the WE potential is constant as discussed in [299].

It should also be noted that apart from the circuits described above, which
consider only the scenario of having a grounded WE, other topologies also exist,
where the CE can be grounded as discussed briefly in [299] and in more detail in
[301]. According to these papers, when shielding and screening of the WE to
reduce the effect of electromagnetic interference (EMI) is challenging, the grounded
CE approach can achieve a better performance.

2.4 A Note on Affinity-Based Biosensing

Affinity-based measurement techniques, where a binding molecule [e.g. antibodies
or other proteins, aptamers, ss-DNA (single stranded deoxyribonucleic acid), or
RNA (ribonucleic acid)] is used as part of the transduction process to enhance
selectivity and specificity, are mainly single use disposable types of sensors.
A discussion on these is thus excluded from this chapter, as are sensors requiring
agents and labels for detection of target analytes (thus only reagentless and
label-free techniques are discussed). This is due to the inherent limitation of these
devices in their implementation as implantable sensors. These hurdles are associ-
ated with the in situ regeneration of antigen binding sites once a detection event has
taken place; i.e. the antigen–bio-recognition element binding is very specific with
strong bond formation and is essentially irreversible [263]. Breaking that bond to
free up the detection site and reuse the biosensor (without damaging the binding
sites) is extremely challenging. Applying high temperatures, chemicals, and elec-
tromagnetic fields are some options examined in the literature. Nevertheless, it is
obvious that these are not suitable for implantable applications. In addition, using
(redox) agents and labels for detection is also not possible in an implantable in vivo
environment. For the sake of completeness we mention a variety of methods that
can be used in affinity-based sensing. Affinity based-sensing can be performed via
quartz crystal microbalance (QCM), surface acoustic wave (SAW), surface plasmon
resonance (SPR), impedance spectroscopy (EIS), voltammetry or amperometry,
micro-electro-mechanical systems (MEMS) based cantilever sensors read out
electronically (resistor bridge or capacitive sensing), or optically and atomic force
microscopy (AFM). Developing complex microfluidics for affinity-based sensors
could potentially allow the use of these in implantable applications. Affinity-based

82 S. Anastasova et al.



sensing can be used for detecting a plethora of clinically relevant targets, such as
bacteria (e.g. for infection diagnostics) and cancer biomarkers (e.g. certain proteins
[302]); thus their potential use in implantable applications should not be overseen.

2.5 Conclusion

Electrochemical sensors are an important family of sensing techniques invaluable
for the detection of a wide range of physiologically critical markers. Their
advantages include their ability to be highly miniaturized, high dynamic range and
sensitivity, high specificity through biorecognition elements and membranes, and
their low-power operation. These make them vital for biomedical applications
and especially for implantable systems. Potentiometric sensors are two-electrode
galvanostatic systems used for the detection of vital ions such as pH, Na+, Ca2+,
Mg2+, NH3 and K+. Polymeric membranes are typically used on metal electrodes to
create miniaturizable electrodes known as ISEs, which circumvent the disadvan-
tages of traditional glass-based sensors such as fragility, slow response, and large
size. MMO pH sensors are an alternative with IrOx being a common MMO used,
demonstrating super-Nernstian responses (sensitivities above the Nernstian 59 mV
pH−1). The galvanostatic operational mode of potentiometric sensors requires high
input impedance electronics to minimize the current through the electrochemical
cell. ISFETs are an important family of potentiometric chemical sensors that readily
provide this functionality, as an ISFET is by default an impedance converter. ISFET
technology allows high-density miniaturized chemical arrays to be developed using
common VLSI technologies for mass-produced, low-cost chemical analysis sys-
tems. Charge trapped during fabrication hinders the performance of ISFETs and
their matching; however, various techniques can be used during and following
fabrication together with circuit design techniques to minimize the effects of trap-
ped charge. Voltammetric techniques are essential in the characterization and
development of sensors and materials, especially since it allows the identification of
the redox potential of target species and a voltammetric sensor’s response at that
potential. These are typically three-electrode systems, and in contrast to potentio-
metric sensors, there is a current flow through the electrochemical cell that is being
recorded. CV is the most common voltammetric technique. FSCV is a high-speed
variant which, when used in combination with carbon-based electrodes, is a pow-
erful technique for the detection of electroactive species and in particular various
neurotransmitters. Such sensors can be used to monitor the nervous system
chemically and can also be used in combination with action potential electrical
recordings. Knowledge of the redox potential allows simple chrono-amperometric
measurements at a constant potential. A wide range of amperometric sensors have
been developed for the detection of important analytes, such as lactate, O2, and
glucose, the latter type being the most successful, with a wide range of commer-
cially available systems.
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Electrochemical sensors are constantly evolving. In recent years, the introduc-
tion of various nanomaterials, such as graphene, CNTs, and NPs has led to new
developments. These together with flexible, stretchable, and transient/resorbable
materials are paving the way for further developments in the field, with a particular
focus on implantable medical devices.
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