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Introduction

Traditional drug delivery vehicles are passive devices functioning mainly
through a diffusion process in which the release of drugs is controlled
either by the rate of diffusion through the pores of the drug carriers or by
the rate of degradation of the carrier matrices. This passive process lacks
the mechanism for a constant and on-demand means to administer drug
delivery as needed. This has led to inability to deliver therapeutic moieties
that can selectively reach the desired targets with marginal or no collateral
damage to the normal organs and tissues (Ferrari, 2005).

Over the years, progresses have been made to improve the situation,
specifically in ways to guide the accumulation of the drug delivery vehicles
to desired sites and control the release mechanism (Barratt et al., 2002). For
example, as a first generation of drug delivery systems, micro-capsules are
often used for controlled release of proteins, peptides, or drugs within the
body. Although they are capable of releasing the active substances at a
somewhat desirable rate, they lack the ability to locate the specific site for
action. The second-generation systems use environmental-sensitive (e.g., pH,
temperature, or pressure sensitive) micro- or nanocapsules or magnetic
spheres as delivery vehicles. With these added features, these drug delivery
systems will release their payload upon receiving a specific signal such as a
preset pH or temperature (Sawant et al., 2006). The third-generation systems
are based on drug-carrying micro- or nano-shells or matrices that are func-
tionalized with specific bioreceptors for specific target recognition. This
feature adds the ability for these systems to self-recognize their target sites.
Future drug delivery vehicles should be autonomous systems with both the
diagnostic and therapeutic functionalities so that they will be able to con-
stantly monitor the biological and physiological conditions, process the
information, and administer the drug at a desired location, rate, and amount.

As drug delivery devices, these autonomous systems should ideally be
small enough to be placed at, or be able to travel through, any desired
location in the body. This has become increasingly feasible as the field of
nanotechnology advances. Nanotechnology, by definition, deals with the
observation, measurement, manipulation and fabrication of systems and
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constructs having dimensions themselves, or of their essential components,
in the 1 nm–100 nm range at least in one dimension. Besides being small,
nanotechnology offers materials and structures with unprecedented
mechanical, physical, chemical, and biological properties and character-
istics. In a sense, nanotechnology takes advantage of the analytical tech-
niques and methodologies of multiple disciplines including mathematics,
physics, chemistry, mechanical and electrical engineering, materials
science, and molecular biology for the creation of new materials, con-
structs, devices, and systems.

For realizing such small autonomous systems for drug delivery, reliable
nanotechnology-based biosensors are needed in the first place. This chap-
ter will focus on some of the basic attributes of nanotechnology-based
biosensors. The advantages of nanotechnology-based biosensors and the
uniqueness of various common sensitive elements along with different
underlying transducers will be discussed. Following that, some develop-
ments in nanostructure-based electrochemical biosensors will be discussed
in detail. Finally, some future prospect for the development of nanotech-
nology-based biosensors will be presented.

The Advantages of Nanotechnology-Based Biosensors

Going nanomeans not only the size of amatter will be reduced but also the
matter can be manipulated on the molecular and atomic levels. As a result,
it will bring many benefits. In the case of a nanoparticle or a quantum dot,
for example, reducing the size will increase the surface activity and induce
unique quantum effects (e.g., confinement of electrons or photons by
controlling the densities of electron states or photon states). This in turn
will lead to unprecedented electronic, optical, and magnetic properties of
the nanoparticle and quantum dot. Furthermore, the ability to arrange
and rearrange atoms and molecules at will in a material will help render
novel physical and chemical properties for the material.

In the case of biosensing, at the component level going nano means that
the capability to sense and detect the state of biological systems and living
organisms will be radically transformed by the emerging ability to control
the patterns of matter on the nanometer scale (Alivisatos, 2004). Such a
radical transformation is expected to enable sensing at the single-molecu-
lar level and with parallel detection of multiple signals in living cells. At the
systems level, going nano will help decrease the size of the active sensing
element to the scale of the target species (to increase the sensitivity and
decrease the lower detection limit), reduce the required volumes of the
analyte reagent, and minimize the detection time. Reducing the size of
biosensors can also result in tiny devices which maybe deployable to any
desired location in the body.

Sensors for Biosensors

In today’s definition, biosensors are analytical devices that combine a
biological-sensitive element with a physical transducer to selectively and
quantitatively detect the presence of specific compounds in a given
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biological environment. The biological-sensitive element consists of biolo-
gical receptors (as probes) made of molecular species such as antibodies,
enzymes, or nucleic acids for binding the target analytes, and the physical
transducer is for converting the biological recognition or binding event
into an electrical or optical signal. Thus, from a material’s viewpoint,
today’s biosensors consist of two major components: an organic part as
the sensitive element and an inorganic part as the transducer element.

In the future, the approach to biosensing may be drastically different. It
is not inconceivable that future biosensors could be made of completely
organic assemblies with the capability to communicate with external ana-
lytic and monitoring devices via a wireless means either electrically or
optically. Currently, biosensors can be categorized mainly into two
groups: in vivo and ex vivo biosensors according to their functions. In
vivo biosensors are devices residing inside the body, either for a short or a
prolonged period of time, for monitoring the biological target species,
while ex vivo biosensors are devices for analyzing biological analyte spe-
cies outside the body.

Basic Requirements for a Biosensor

A biosensor is, first of all, a sensor. This means that it needs to meet the
basic requirements for any sensor: being sensitive, responsive, and reliable
over a long period of time. Here reliability can be considered as being
functioning well without producing false negative and/or false positive
responses. But unlike a conventional sensor, a biosensor is often exposed
to an environment containing many biological species that are similar in
structures and binding behavior. Thus, in additional to meeting the above
basic requirements, a biosensor needs to be specific, that is, be responsive
only to a specifically targeted analyte species. With such specificity, the
usefulness and reliability of a biosensor can be assured. Furthermore,
because of the harsh and complex biological environment a biosensor
often encounters, the loss of activity in the sensitive element is a major
cause for the compromise of the reliability of a biosensor. This loss is
mainly due to either the degradation of the molecular probes or their
encapsulation (often termed fouling) by other microorganisms or large
molecular weight proteins (Ratner et al., 2004). Thus, for a biosensor, the
molecular probes to be used need to have long-lasting activity and anti-
fouling behavior.

Due to the difference in their operational environments, in vivo and ex
vivo biosensors often face different requirements for their fabrication. An
in vivo biosensor has to be constructed using materials that are biocom-
patible with the body because of its implantation nature. Furthermore, the
whole implanted in vivo device should not be encapsulated by the fibrous
tissues in the body.

Various Sensitive Elements

Biosensors can be classified according to the type of their sensitive element.
Currently, five types of sensitive elements are mainly being used, namely
antibodies, nucleotides, enzymes, cells, and synthetic molecules (Kubik et al.,
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2005). Biosensors using antibodies as the sensitive element operate based on
the binding of an antigen to a specific antibody. Such biosensors are often
used in conditions where nonspecific interactions are minimized. Biosensors
with nucleotides as the sensitive element are usually used to target the genetic
materials such as DNA. Because they rely on the complimentary binding of
paired single strands of DNA, this class of biosensors often provides good
specificity in detection. The challenge for nucleotide-based biosensors, how-
ever, is that the number of target nucleotides is usually very small, thus
posing a need for making sufficient copies of the target nucleotides before
an actual detection can take place. Biosensors using enzymes as the sensitive
element operate based on catalytically induced chemical reactions. The use of
enzymes in this class of biosensors adds certain degree of complexity. For
instance, while some enzymes require no additional compounds for activity,
many enzymes require a cofactor (i.e., either inorganic ions or complex
organic or metalloorganic molecules) for their activity. Moreover, the cata-
lytic activity of enzymes is governed by the integrity of their native protein
conformation. When enzymes are denatured or dissociated, their catalytic
activity will be destroyed, which in turn will compromise the reliability of the
biosensors. Because of this, this class of biosensors often exhibits a degrading
sensing performance over time.

Cell-based biosensors are another important class of sensors gaining
more and more attention lately. The use of whole cells as the sensitive
element is very attractive because cells can provide highly selective and
sensitive receptors, channels, and enzymes. The main advantages of cell-
based biosensors are that cells have built-in natural selectivity to biologically
active chemicals and that cells can react to analytes in a physiologically
relevant mode (Bousse, 1996; Stenger et al., 2001). With a cell-based bio-
sensor, measurements of transmembrane potential, impedance, and meta-
bolic activity can be made. Challenges abound, however, for long-term
operations of this class of biosensors because the viability of the cells must
be maintained under various harsh operating conditions. To date, cells such
as neurons (Borkholder et al., 1997), cardiac myocytes (Pancrazio et al.,
1998), liver cells (Powers et al., 2002), and genetically engineered B cells
(Rider et al., 2003) have been used as the sensitive elements. Besides these
cells, microorganisms and bacterial cells have also been used as the sensi-
tive elements in biosensors for the detection and monitoring of environ-
mental pollutants (D’Souza, 2001) and evaluation of the effectiveness of
drugs (Reining-Mack et al., 2002; Thielecke et al., 2001). Whole cell-based
biosensors can offer tremendous benefits for screening drugs and studying
the effects of biochemicals on multi-cellular organisms.

Synthetic molecule-based biosensors often use synthetic polymers such
as aptamers as the sensitive element (Cai et al., 2006). Aptamers are
synthetic nucleic acids that can be synthesized to couple (or fit) with
amino acids, drugs, proteins, and other non-nucleic molecules. Because
of that, this class of biosensors can provide high affinity to a wide array of
targets with excellent specificity. Furthermore, these biosensors can main-
tain prolonged reliability due to the synthetic nature of the polymeric-
sensitive element which will not denature over time.

To be functional, these sensitive elements need to be immobilized onto
the surface of an underlying transducer. The duty of such an underlying
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transducer is to convert a biological recognition, binding, or reaction event
into an electrical or optical signal. Many different detection methods and
techniques have been used for fulfilling such a duty as the underlying signal
transducer.

Various Underlying Detection Methods

For the underlying detection methods, various physical and chemical
techniques are used for converting the biological recognition or binding
events into electrical or optical signals. These methods can be generally
categorized into mechanical, optical, electromagnetic, electrical, thermal,
magnetic and electrochemical methods. The details of the operational
principles for the mechanical, optical and electromagnetic, electrical and
electrochemical methods are discussed here.

Mechanical Detection

In general, a mechanical-based transducer relies on either mechanical
deformations or mechanical waves (or acoustic waves) as its sensing
mechanism. To implement such a detection method, a mechanical struc-
ture in the form of a cantilever beam, a double-clamped beam, or a disc is
often used as the underlying transducer, with the surface of the transducer
functionalized by immobilizing a layer of a sensitive element (e.g., anti-
bodies or enzymes) on it for target binding. Before further miniaturization
is realized, this type of mechanical detection is better suited for ex vivo
applications.

In the case of a cantilever beam, a commonmode of detection is through
the measurement of cantilever defection caused by the surface stresses
generated as a result of molecular binding. Its working principle relies on
the induced differential surface stress produced when molecules bind to
one side of the cantilever surface (Berger et al, 1997; Sepaniak et al., 2002;
Cherian et al., 2003). Surface stress mainly arises from intermolecular
forces such as electrostatic interaction or van der Waals. Once generated,
the differential stress will cause the cantilever to deflect. According to the
classical work by Stoney (1909), for a fixed set of cantilever geometric and
material properties, its deflection is linearly proportional to the differential
surface stress which is related to the amount of molecular binding. The
cantilever deflection is often measured by two common techniques. The
first one is via an optical means in which a laser beam is focused on the free
end of the cantilever and the cantilever deflection is measured with a four-
segment photo detector. The second technique is through an electrical
means in which a resistive or capacitive circuitry is used to measure the
cantilever deflection (Porter et al., 2003). This mode of mechanical detec-
tion has its advantages. For example, when a flexible nanometer-scale
cantilever is used, this class of mechanical biosensors is capable of detect-
ing mismatches in oligonucleotide hybridization without labeling
(Carrion-Vazquez et al., 1999) and of performing protein recognition
with extremely high sensitivity. Moreover, this method is compatible
with many analyte species in gaseous or aqueous forms (Wu et al., 2001).
There are limitations as well. If the molecular binding events are exother-
mic, the heat generated may compromise the detection because a
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differential thermal stress will also lead to deflection in the cantilever
(Mertens et al., 2003). Another issue is with the nonlinear and viscoelastic
nature of the molecular structures which may render it invalid to use
Stoney’s equations in interpreting the relationship between the measured
cantilever deflection and the amount of molecular binding (Zhang &
Gilbert, 2004; Zhang, 2005).

In the cases of a double-clamped beam or a disc structure, a common
mode of detection is through the changes in the acoustic characteristics such
as the resonant frequency, attenuation, and phase of wave propagation. In
this mode of detection, the mechanical structures operate like oscillators,
and a molecular binding event serves as mass loading which often leads to
either a shift in the resonant frequency, an increase in amplitude attenua-
tion, or a delay in the phase of wave propagation. Its basic operating
principle relies on the fact that any mechanical structure possesses a unique
resonate frequency (the lowest eigen frequency of the structure) along with a
certain amount of attenuation and phase of propagation. When molecular
binding occurs at the active surface of such a mechanical structure, the mass
of the structure and damping to the wave propagation will increase (Head-
rick et al., 2003). Under this circumstance, the structure will exhibit certain
changes in its wave characteristics when it is perturbed by an external
acoustic wave. To increase the detection sensitivity, themechanical structure
(a beam or disc) should possess a high-quality factor (Davis et al., 2002). In
general, the quality factor decreases when the size and damping of the
mechanical structure increase. Bulk acoustic waves are more susceptible to
liquid-damping-induced attenuation than surface acoustic waves; thus
detections based on bulk acoustic waves (in the cases of a double-clamped
beam or a quartz crystal microbalance) are preferably used in a dry envir-
onment and detections based on surface acoustic waves are often used in a
liquid environment. A detailed discussion of the applications of bulk and
surface acoustic wave devices can be found in a review by Rao and Zhang
(2006). By detecting the frequency shift, the attenuation drop, and the phase
shift, the amount of bound analyte can be determined. The advantage of this
mode of detection is that a single frequency sweep can provide a quick
measurement of the mass of the bound molecules at a resolution down to
picogram level (Thundat et al., 1995). The challenge for this type ofmechan-
ical detection, however, lies in the difficulty in distinguishing the type and
the uniformity of the bound species, thus rendering it less specific in biolo-
gical sensing.

Optical and Electromagnetic Detection

Optical detection is one of the widely used mechanisms for biosensing
because this method can be incorporated into many different types of
spectroscopic techniques, including luminescence, absorption, polariza-
tion, and fluorescence (Wickline & Lanza, 2003). With this detection
method, different spectrochemical properties such as amplitude, energy,
polarization, decay time, and phase of a target analyte can be measured.
These spectroscopic properties can be correlated to the concentration of
the analyte of interest.

Of the many optical techniques, fluorescence-based detection is prob-
ably the most used method. In this method, fluorescent markers that emit
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light at specific wavelengths are used as detecting labels for the target
analytes, and measurements of fluorescent intensity are made for the
presence of the targets or the binding of targets to the probes. Many
micro-array gene chips use this technique for the detection of hybridiza-
tion. Furthermore, fluorescence-based detection methods have been used
to systematically analyze protein–protein and protein–DNA interactions.
This technique has been proved capable of single molecule detection
(Vo-Dinh & Cullum, 2000; Nie & Zare, 1997; Moerner & Orrit, 1999).

The sensing principle based on the evanescent wave is another common
mode of optical detection. In this method, an optical waveguide is used to
confine the light traveling through the waveguide by total internal reflec-
tion. With a majority part of the light confined inside the waveguide, a
small part of it (i.e., the evanescent wave field) travels through a region that
extends about several tens of nanometers into the surrounding medium.
This evanescent wave can be used for sensing purposes. In a sensing
application, the waveguide surface is functionalized with a biological-
sensitive element, and the change in the optical properties of the evanes-
cent wave is measured in response to the binding of the target and probe
molecules. Evanescent wave-based sensors are very selective and sensitive
for the detection of low levels of chemicals and biological species, and they
are suited for the measurement of molecular interactions in situ and in real
time (Liu & Tan, 1999). One of the most used evanescent wave biosensors
is the surface plasmon resonance (SPR) sensor owing to its high sensitivity
and simplicity. In a SPR sensor, the change in the refractive index of the
evanescent wave, caused by the interaction between the target molecules
and the sensitive probing molecules immobilized on the sensor surface in
the evanescent field, is measured.

A well-known electromagnetic detection method is based on the theory
of surface-enhanced Raman spectroscopy (SERS). Surface-enhanced
Raman scattering is observed for molecules placed close to a rough
metal surface featured with silver or gold nanostructures (e.g., nanoparti-
cles or nanowires) because of surface plasmon resonance. This makes
SERS a very sensitive detection technique. The working mechanism by
which a SERS detection operates is still a debating issue. It is believed that
it operates from a local electromagnetic field enhancement provided by an
optically active nanoparticle. The electromagnetic effect alone, however,
does not account for all that is observed through SERS. Molecular reso-
nances, charge-transfer transitions, and other processes such as ballistic
electrons transiently probing the region where the molecule resides and
modulating electronic processes of the metal certainly contribute to the
rich information that SERS measures (Moskovits, 2005). Nevertheless,
ultrasensitive analytical strategies and bioassays based on SERS have been
realized (Emery et al., 1998: Krug et al., 1999), in which an enhancement as
large as 1014, enough to allow routine detection of Raman from single
molecules, is achieved.

Electrical Detection

Although it has not been as widely used as the mechanical or optical
detection methods, electrical detection actually possesses some desirable
features as an underlying transducer due to its ease of use, label-free
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detection capability, portability, and miniaturization. Conductometric
and potentiometric techniques are two common modes of electrical detec-
tion, and they mainly rely on the measurement of changes in conductance
(or impedance) and potential in response to a biological binding event
occurring at the electrode surfaces.

Conductometric sensors detect changes in the electrical resistance or
impedance between two electrodes (Chen et al., 2003, 2004). In this case,
the changes in resistance or impedance are due to either molecular inter-
actions between nucleotides, proteins, and antigens and antibodies or
excretion of metabolites near the electrode surfaces or in the surrounding
media. This mode of detection is attractive because it does not require a
specialized reference electrode as in the case of electrochemical detection.
So far, this method has been used to detect a wide variety of chemical and
biological target species, toxins, and nucleic acids, to measure the meta-
bolic activity of microorganisms, and to monitor DNA hybridization
(Sosnowski et al., 1997; Marrazza et al., 1999; Drummond et al., 2003).
Currently, a practical challenge for a conductance base biosensing method
is the understanding of the underlying mechanism for the changes in
electrical properties of the electrode material caused by molecular adsorp-
tion and coupling.

Potentiometric sensors measure the potential changes between electro-
des. The most common design of potentiometric sensors uses ion-sensitive
field effect transistors or chemical field effect transistors (Bashir, 2004).
A pH meter is such an example. Potentiometric sensors have been used to
perform label-free detection of hybridization of DNA by measuring the
field effect in silicon due to the intrinsic molecular charges on the DNA
(Fritz et al., 2002). Recently, potentiometric sensors have been miniatur-
ized to nanometer dimension through the use of silicon nanowires (Cui
et al., 2001) and carbon nanotubes (Besteman et al., 2003) for enhanced
sensitivity due to the increased surface to volume ratio for the electrodes.

Electrochemical Detection

Biosensors using an electrochemical method as the underlying transducer
are often used to measure electrical responses resulted from the
electrochemical reactions of the target redox species catalyzed by the
enzymatic-sensitive element. These biosensors are usually configured in a
three-electrode format: a working electrode, a counter electrode, and a
reference electrode. The reference electrode needs to meet the special
requirement of maintaining at a constant potential with respect to the
electrolytic solution.

For biological detections, three modes of operations, namely ampero-
metric, voltammetric, and impedimetric, are most commonly used.
Amperometric biosensors measure the electrical current generated by the
electron exchange between the electrodes and ionic species in response to
electrode polarization at a constant potential. The measured steady-state
limiting current (due to the encountered diffusion limit) is linearly propor-
tional to the concentration of the electroactive analyte species. Voltam-
metric biosensors measure the current–potential relationships (i.e.,
voltammograms) induced by a redox process. The obtained peak currents
and peak potentials (oxidation and reduction), or limiting currents in the
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case of sigmoidal voltammograms for nanometer electrodes, are related to
the transport phenomena and efficiency as well as the concentration of the
redox species. Impedimetric biosensors measure the changes in the com-
plex impedance of an electrochemical process upon cyclic excitations of the
working electrode at a predetermined range of frequency. The measured
results, often in Bode plots or Nyquist plots, are indicative of the electron
transfer resistance which is related to the electrode/solution interfacial
properties and the concentration of the analyte.

For the functionalization of these biosensors, enzymes are often used
for catalytic-based sensing and other sensitive receptors (e.g., antibodies,
nucleotides, cells, and proteins) are used for affinity-based sensing. In the
case of a glucose sensor, the working electrode is usually functionalized
with glucose oxidase for catalyzing glucose oxidation, and the current
response is measured. Electrochemical-based biosensors have been used
in the detection of glucose, lactose, urea, lactate, and DNA hybridization
(Hintsche et al., 1991, 1995; Umek et al., 2001; Cia et al., 2002; Popovich &
Thorp 2002; Zhu & Snyder, 2003).

Biosensors for Drug Delivery

Although future drug delivery devices may be autonomous systems with
integrated capabilities of biosensing and drug delivery, the actual realiza-
tion of such capabilities will rely on further advances in nanotechnology.
Many progresses have been made in the development of lab-on-a-chip
microscale devices (Bashir, 2004), and surely these devices will become
more compact and more functional with higher sensitivity, specificity, and
reliability in terms of sensing and with higher controllability in terms of
drug delivery as the field of nanobiotechnology advances, but full-fledged
autonomous systems of biosensors for drug delivery applications may still
be years away. Currently, the development of biosensors for drug delivery
takes a slightly different route. As discussed in the Introduction, drug
delivery systems have been evolving from the totally passive drug-carrying
vehicles of the first-generation systems, the environmental-sensitive drug-
carrying vehicles of the second-generation system, to the target-specific
and bioactive drug-carrying vehicles of the third-generation systems. Fol-
lowing this route, one can see that by adding sensitive components to the
drug delivery systems, integrated capabilities of biosensing and drug deliv-
ery can be realized. Thus, it is conceivable that the next-generation drug
delivery systems could be biologically sensitive drug-carrying vehicles
incorporated with an underlying transducer (e.g., optical or image based)
for signal detection and communication. This route may eventually con-
verge with the lab-on-a-chip route, leading to an autonomous system with
both the diagnostic and therapeutic functionalities.

But for now, one of the challenges in developing biosensitive drug
delivery vehicles is to devise drug carriers that are biocompatible, resistive
to biodegradation, resistive to host inflammatory and immunologic
responses, and sensitive to specific targets, among other things. In addi-
tion, the drug carrier constructs should be highly effective in prolonged
drug retention, especially for water-soluble drugs. Biological constructs
such as liposomes are potentially good drug carrier materials due to their
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abilities to protect drugs from degradation and to target the specific site for
action (Knight, 1981). Because of their low encapsulation efficiency, rapid
leakage of water-soluble drugs in the presence of blood elements, poor
storage stability, and susceptibility to immunologic attacks, their applica-
tion as drug carriers is severely hampered. To overcome this obstacle, a
polymer coating that protects the liposomes from immunologic destruc-
tion and other degradation has been applied to form the so-called stealth-
liposomes. In contrast, synthetic conjugated molecular assemblies and
nanocapsules are more efficient drug carriers, and they have been used
for many drugs including antibiotics, antiviral drugs, vitamins, proteins,
peptides, enzymes, hormones, and oligonucleotides (Sun et al., 2006).
Encapsulation is attractive because it can reduce systemic toxicity, protect
vulnerable molecules from degradation in the digestive tract, and provide
controlled release properties. Nanocapsules as drug carriers have been
shown to protect insulin from degradation by digestive enzymes, to pro-
vide prolonged therapeutic effect, and to reduce drug-related immunologic
responses (Aboubakar et al., 2000; Damage et al., 1997; Fernandez-
Urrusuno et al., 1999).

For the nanocapsule-based biosensitive drug delivery systems, they
should ideally be able to accumulate at specific sites of an organ or tissue,
penetrate into target cells, and release the payload drug. The current
systems rely on the immobilization of specific bioreceptors onto these
drug carriers to perform site-specific targeting. To fulfill the cell-wall
penetration function, it is necessary for these biosensitive drug carriers to
have multiple active moieties for multiple functions including site-specific
targeting and cell-wall penetration. These multiple moieties should be able
to switch on and off upon certain environmental stimulations (e.g., pH,
temperature, ion concentration, or partial pressure of oxygen and carbon
dioxide).

Nanostructure-Based Electrochemical Biosensing

Electrochemical-based biosensing method is unique in many aspects
including high sensitivity and specificity, low cost, ease of use, and ease
of integration with micro-/nano-electronic and fluidic devices. To enhance
the performances of such a sensing method, electrodes incorporated with
arrays of nanostructures such as nanorods, nanowires, nanotubes, and
nanopillars have been recently explored (Bharathi & Nogami, 2001;
Koehne et al, 2004; Anandan et al, 2005, 2006). Because of the ultrasensi-
tivity provided by these nanostructures having critical dimensions less
than the lengths of the diffusion layer typically encountered on voltam-
metric time scales, investigation of electrochemical phenomena in fast-
electron transfer reactions by steady-state experiments becomes possible
(Arrigan, 2004). The use of these nanostructured electrodes in biosensors
has extended electrochemical methodology into previously inaccessible
domains of time, space, and medium. For example, electrodes incorpo-
rated with nanostructures are found to enhance significantly the electro-
chemical performances in DNA and glucose detections (Wang &Mustafa,
2004; Gasparac et al., 2004; Yemini et al., 2005; Anandan et al, 2006).
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In an electrochemical biosensor, the dimension of its electrodes plays a
significant role affecting the sensing performance. Electrodes with a smaller
critical dimension can enable 3D radial nonlinear diffusion and provide
steady-state voltammetric response. Because of the unique metal/solution
interface in an electrochemical process, electrodes are often surrounded by
an electrical double layer (EDL) structure. As the electrode size becomes
equivalent to that of EDL (e.g., a fraction of a nanometer), the electrical
field generated near the electrodes will influence the transfer of electrons and
transport of ions, thus altering the electrode reaction and current response
(Morris et al., 1987; Seibold et al., 1989; Mirkin et al., 1990; Chen &
Kucernak, 2002). Thus, for nanoscale electrochemical electrodes, it is
important to know how the EDL structure affects the electron transfer
and current response. When used for biosensing, the electrochemical per-
formances of nanostructured electrodes will also varywith functionalization
methods and molecules as well as kinetics of mass transport, in addition to
geometrical shapes and dimensions of the nanostructures. These aspects of
nanostructure-based electrochemical electrodes are discussed here.

Nanopillar Array Electrodes

Slender nanostructures such as nanowires, nanotubes, and nanorods can
now be routinely fabricated using chemical vapor deposition (CVD),
physical vapor deposition (PVD), and template-based electrodeposition
technique (Lau et al., 2003; Fan et al., 2004; Anandan et al., 2005, 2006).
But not all these slender nanostructures are suitable for electrochemical
applications. For example, vertically standing carbon nanotubes and sili-
con nanorods developed by CVD and PVD are not able to sustain the
capillary forces generated by the nanostructure–liquid interaction (Lau
et al., 2003; Fan et al., 2004). As shown in Figure 6.1A, standing silicon
nanorod arrays fabricated by PVD technique deformed severely upon
water contact due to the aqueous capillary interaction between the nanos-
tructures and the liquid medium (Kralchevsky & Nagayama, 2000; Fan
et al., 2004) as well as the amorphous nature of the silicone nanostructures.

This kind of deformation in the nanostructures upon liquid interaction
poses a serious problem for their application in electrochemical biosensors.
Although a much improved situation is achieved by annealing silver

1 µm 

A B 

Figure 6.1 Nanorod arrays fabricated by a PVD technique: (A) silicon nanorods
and (B) silver nanorods.
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nanorods prior to electrochemical evaluations (see Figure 6.1B; Tang et al.,
2006), a better alternative is to use nanostructures fabricated by a cost-
effective aqueous-based electrodeposition technique (Anandan et al., 2005;
Rao et al., 2005).

This electrodeposition technique takes a three-step fabrication process:
(1) fabricating porous anodic alumina (PAA) templates by anodization, (2)
depositing nanopillar arrays using the PAA templates, (3) removing the
PAA templates. Some representative SEM images of PAA templates devel-
oped by the anodization technique are shown in Figure 6.2A (a top view)
and Figure 6.2B (a side view), and SEM images of the electrodeposited
nanopillar array structures are shown in Figure 6.2C (silver) and Figure
6.2D (gold).

In addition to producing strong vertically aligned nanopillar array struc-
tures, this electrodeposition method allows a control of the nanopillar dia-
meter and spacing by simply adjusting the anodization potential (Figure
6.3A) based on the relationships of PD (nm) = 1.35 (nm/V) � AP (V) and
PS (nm) = 2.58 (nm/V) � AP (V), where PD stands for the nanopillar
diameter, PS the nanopillar spacing, and AP the anodization potential
(Rao et al., 2005). When these nanopillar array structures are used as
electrochemical electrodes, their active area will increase significantly,
which in turn will lead to enhanced current responses. Figure 6.3B shows a
series of cyclic voltammograms of a gold nanopillar array electrode in 0.3M
sulfuric acid solution where it is seen that both the oxidation and reduction
current responses increase as the height (or the roughness factor) of the
nanopillars increases.

A 

C 

B 

D 

Figure 6.2 Scanning electron microscopic views of PAA templates and electrode-
posited nanopillar array structures: (A) a top view of a PAA template, (B) a side
view of a PAA template, (C) electrodeposited silver nanopillar array structures,
and (D) electrodeposited gold nanopillar array structures.
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Amperometric and Voltammetric Responses of Nanopillar Array Electrodes

With nanopillar array electrodes, much-enhanced electrical currents in both
amperometric and voltammetric processes are observed. Figure 6.4A shows
the amperometric current responses of bare (non-functionalized) nanopillar
array electrodes at various concentrations of K4Fe(CN)6 under a constant
potential of 350 mV (versus Ag/AgCl) in 0.5 M Na2SO4 solution.
Figure 6.4B shows the amperometric current responses of functionalized
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(with glucose oxidase) nanopillar array electrodes at different glucose con-
centrations. In general, the nanopillar array electrodes exhibit higher cur-
rents than the flat electrode in bare condition for oxidizing K4Fe(CN)6 and
in functionalized condition for oxidizing glucose.

Figure 6.4C and D shows the voltammetric current responses of a flat
electrode and a nanopillar array electrode at various sweep rates (50 mV/s,
100mV/s, 150mV/s, and 200mV/s) in a potential range of –0.4 V to+0.5 V
against Ag/AgCl in 0.5 M Na2SO4 and 4 mM K4[Fe(CN)6] (note that the
electrodes have the same geometric area, about 16 mm2). The redox peaks
for the [Fe(CN)6]

4–/[Fe(CN)6]
3– couple are higher for the nanopillar array

electrodes (Figure 6.4D) than for the flat electrode (Figure 6.4C), and that
the peak current increases with increasing scan rate. The oxidation–reduc-
tion peak separation (rEp) of the voltammograms for the nanopillar array
electrode ismeasured to be about 70mV,which is close to an idealNernstian
behavior (rEp=56.4 mV) (Bard & Faulkner, 2001). Comparing it with
rEp for the flat electrode (�110 mV), it is clear that the mass transport at
the nanopillar array electrode is significantly enhanced.

Impedance Measurements of Nanopillar Array Electrodes

In an electrochemical process, the change in electrode impedance can be
used to characterize the interfacial properties between the electrode and
solution. This feature is often exploited in affinity-based electrochemical
biosensors, in which changes in electrode impedance caused by molecular
binding are measured (Laureyn et al., 2000; Ma et al., 2006). With an
avidin–biotin couple, the change in the impedance of nanopillar array
electrodes at various degrees of avidin–biotin binding has been character-
ized (Lee et al., 2008). To prepare the nanopillar array electrodes, avidin
is first immobilized with the use of a self-assembled monolayer (SAM) of
11-mercapto- undecanoic acid (MUA) and the subsequent activation of
the COOH-terminated group of MUA. Following that, the impedance
of such avidin functionalized electrodes is measured in PBS (0.01 M,
pH 7.4) with increasing biotin concentrations (from 1 ng/ml to 50 ng/ml).

To show the advantage or disadvantage of impedance measurements
versus voltammetric measurements in detecting avidin–biotin binding, both
the impedance and voltammetric responses are measured in PBS having
2.5 mM K4[Fe(CN)6] and 2.5 mM K3[Fe(CN)6]. The obtained Nyquist
plots and voltammograms at various biotin concentrations are shown in
Figure 6.5. From the voltammetric responses (Figure 6.5A), it is seen that the
highest current level decreases with the increase of biotin concentration.
Furthermore, as the biotin concentration increases, the voltammetric curve
becomes less peak shaped and more sigmoid shaped. This can be attributed
to the increased electron transfer resistance causing the slowdown of the
redox activity such that the rate of diffusion becomes equivalent to the rate of
oxidation. At a higher biotin concentration (>8 ng/ml), however, the vol-
tammograms seem to stack on top of each other, making it difficult to
distinguish the concentration-dependent current responses.

This is not the case with the impedance measurements. The impedance
measurements show that the radius of these semicircular Nyquist plots
(Figure 6.5B) increases as the biotin concentration increases (causing more
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biotin to bind to avidin). Therefore, the impedance-based sensing technique
with nanopillar array electrodes can provide very good sensitivity and low
detection limit (1 ng/ml) with distinct Nyquist plots at different biotin con-
centrations. By contrast, the voltammetric measurements are less sensitive to
the change in biotin concentration, especially at a high concentration of biotin.

Interdigitated Electrodes

For affinity-based biosensing, impedance measurements surely have some
advantages. But the drawback is that an impedance-based detection
method is very time consuming (Yang et al., 2004): it may take hours to
complete a test run during which the electrochemical environment may
have changed. In contrast, voltammetric measurements are known for
their fast response and ease of use, although they suffer from lack of
sufficient sensitivity and lower detection limit. To alleviate this problem,
integration of a voltammetric method with interdigitated electrodes
(IDEs) has been explored recently (Yang & Zhang, 2005, 2006, 2007).

In IDEs, generator electrodes are placed side by side with collector
electrodes in an interdigitated manner. With IDEs, an electroactive species
gets oxidized at the generators, diffuses across the thin-layer gap due to a
concentration gradient, and gets reduced at the collectors. The reduced
species at the collectors then diffuses back to the generators following its
concentration gradient. This redox cycling (or feedback) activity makes the
measured currents at both the generators and collectors extremely high.
Because of the proximity of the generators and collectors, a very high
percentage of the oxidized species produced at the generators gets reduced
at the collectors with a very low solution resistance (Aoki, 1990; Niwa et al.,
1990; Paeschke et al., 1995; Phillips & Stone, 1997; Jeng, et al., 2001).
Additionally, a steady-state current can be achieved at IDEs by holding the
collectors at a fixed potential while sweeping the potential at the generators.

It has been shown that that the presence of the generators and collectors
in nanometer proximity facilitated feedback cycling of oxidation and
reduction with extremely high mass transport efficiency, thus leading
to high current response and steady-state sigmoidal voltammogram.
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lized with avidin at various biotin concentrations.
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Figure 6.6A shows the voltammograms for IDEs with an electrode width
less than 500 nm. Owing to the highly efficient redox cycling, the steady-
state current levels at both the anode and cathode are very close despite the
significant difference in their electrode widths. By contrast, single electro-
des behave quite differently because of a lack of the redox cycling. As
shown in Figure 6.6B, the voltammograms obtained for single electrodes
are peak shaped with hysteresis, indicating a low efficiency in mass trans-
port by diffusion. Furthermore, the current levels are much lower than
those obtained for the IDEs.

When these IDEs are used in biosensors, their current response will rely
on the redox cycling behavior and mass transport phenomena at and near
the electrode/solution interface which will be altered by the electrode
functionalization and further probe/target recognition or binding. Thus,
the current response will depend on the electron transfer rate constant (i.e.,
the k0 value) of the electrode reactions involved. A decreasing k0 value
represents a situation in which increasing molecular binding may occur at
the electrode surface. Figure 6.7 shows the voltammograms at various
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k0 values for an IDEs electrode (with a critical dimension of 100 nm;
Figure 6.7A) and a single electrode (Figure 6.7B).

For the single electrode, peak-shaped voltammograms are produced
when the k0 value is high. As the k0 value decreases, the peak current of
the voltammogram decreases. This suggests that the rate of diffusion
and the rate of oxidation become equivalent, as is the case for the
nanopillar array electrodes in avidin–biotin binding experiments (see
Figure 6.5A). In comparison, steady-state voltammograms with sigmoi-
dal shape are obtained for the IDEs. At a higher k0 value, the limiting
current obtained for the three IDEs is much higher (hundreds times
higher) than the peak current for the single electrode. This increased
current response is attributed to the enhanced mass transport near the
IDEs. As k0 decreases, a decrease in the limiting (or peak) current is
observed in both cases, but a more drastic decrease is seen with the IDEs
than with the single electrode. This fact suggests that the voltammetric
performance of IDEs is more sensitive to the change of k0 as compared
with that of the single electrode.

FromFigure 6.7A it is seen that the narrower the electrode gets, themore
sensitive it becomes to the change of k0, especially when k0 is large
(>1.5�10–6). For instance, a change in k0 from 1.5�10–3 to 1.5�10–4 caused
almost a 20% reduction in the limiting current for the IDEswithw=100 nm
(Figure 6.7A), whereas a mere 3% reduction was seen for the IDEs with
w=1 mm (Figure 6.7A insert). With each set of IDEs, as k0 decreases, not
only the limiting current decreases significantly but also the voltammogram
shifts to the right. These facts indicate that the voltammetric current
response of the IDEs is indeed sensitive to the change of k0, and that a
higher overpotential is needed to drive the electron transfer as k0 decreases.

In a more recent study by Strutwolf and Williams (2005) and Yang
and Zhang (2007), it is found that the sensing performance can be
further enhanced by using 3D IDEs. As shown in Figure 6.8, the limiting
current is the highest, intermediate, and the lowest for the nanorod-
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modified, block-elevated, and inlaid IDEs, respectively, at any given k0.
This is attributed to the increased surface area of the electrodes caused
by the larger height of the 3D electrodes, which enable a heightened
redox cycling activity between the vertical walls of the neighboring
generator and collector electrodes.

Effect of Functionalization Molecules and Kinetics of Mass Transport

For nanopillar array electrodes, their electrochemical-based biosensing
performances are affected by the type of functionalization molecules
used to immobilize the sensitive elements. In the case of self-assembled
monolayer (SAM) molecules, their chain length and surface coverage will
affect electron transfer. For example, when two SAMs with different chain
lengths are used as the underlying molecules for immobilizing glucose
oxidase onto the nanopillar array electrodes, they present different elec-
tron transfer resistances and detection sensitivities. As shown in Figure 6.9,
significantly higher detection sensitivity is achieved for the case with a
shorter SAM (i.e., 3-mercaptopropionic acid, or MPA) than for the case
with a longer SAM (i.e., 11-mercaptoundecanoic acid, or MUA). This is
true for the nanopillar array electrodes with three different nanopillar
heights (1 mm, 2 mm, and 3 mm). This result can be attributed to the fact
that a shorter SAM is likely to form highly ordered SAM coverage over a
larger area and to hold the enzyme at a closer distance to the electrode
surface, both of which are crucial for facilitating enhanced electron trans-
fer. Furthermore, in each SAM case, the taller the nanopillars the higher
the detection sensitivity. This is due to the increased surface area of the
electrodes because of the increased nanopillar height.

The kinetics of mass transport near the electrode/solution interface also
plays an important role influencing the current responses of electrochemi-
cal-based biosensors (Anandan et al., 2007). When bare nanopillar array
electrodes are tested for the redox of K4Fe(CN)6 at various concentrations,
electrodes with different nanopillar heights exhibit almost the same sensi-
tivity response (see Table 6.1), although the sensitivity of nanopillar array
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electrodes is much higher than that of the flat electrode. It is speculated that
the electroactive species K4Fe(CN)6 may encounter certain difficulties in its
transport to the small spaces between the nanopillars as a result of either a
low diffusivity or a fast-electron transfer rate constant. When the diffusivity
is low, it will be difficult for K4Fe(CN)6 to diffuse deep into the small spaces
between the nanopillars, and when the electron transfer rate constant is
high, most of the species K4Fe(CN)6 will get oxidized near the top ends of
the nanopillars before it gets diffused deep down the gaps. Under these
circumstances, it is conceivable that only the top ends of the nanopillars are
serving their active duty in transferring electrons to oxidize K4Fe(CN)6. The
situation for functionalized nanopillar array electrodes (with glucose oxi-
dase) is quite different. The sensitivity of these nanopillar array electrodes in
glucose detection increases as the height of the nanopillars (or the roughness
ratio) increases. An increase of about 12 times in sensitivity is observed for a
nanostructured electrode having a roughness factor of 63.4 as compared
with the flat electrode (see Table 6.1).

An enzymatic kinetics study using the Michaelis–Menten equation indi-
cates that the apparent Michaelis–Menten constant (Km) increases with the
presence of nanopillars and increase of their height. As listed in Table 6.1, the
Km values for the nanostructured electrodes are higher than the intrinsic Km

value (25 mM) for dissolved glucose oxidase (Calvo &Wolosiuk, 2004). This
implies that the activity of the enzyme immobilized onto these nanostruc-
tured electrodes has actually decreased as compared with the freely dissolved
enzyme, suggesting that the increase in sensitivity in the functionalized
nanopillar array electrodes is due to factors other than enzyme activity.

That the nanostructure-induced sensitivity enhancement for the func-
tionalized electrodes (11.6 times) is higher than that for the bare electrodes
(2 times) may be attributed to the difference in electrochemical reactions
and kinetics of transport. But these two electroactive species (i.e., glucose
and K4Fe(CN)6) have a similar value of diffusivity (8�10–10 m2/s for
K4Fe(CN)6 and 7.6�10–10m2/s for glucose) (Winkler, 1995); it is thus
possible that different electrode reactions involved in these two cases
may play a more dominate role in affecting the current responses. This
speculation is confirmed by a computer simulation of the situation.

Figure 6.10A shows the simulated amperometric current responses
obtained for a functionalized nanopillar electrode and a flat electrode
with the surface-reaction rate constants set at 5�10–4 m/s, 5�10–5 m/s,

Table 6.1 Measured values for the roughness ratio, detection sensitivity,
and Km for various nanopillar array electrodes and flat electrode.

Specimen

Roughness

factor

Sensitivity of bare
electrodes to

K4Fe(CN)6 (mA/
mM�cm2)

Sensitivity of
functionalized

electrodes to glucose

(mA/mM�cm2)

Km

glucose

(mM)

Flat 1.0 19.30 0.27 24.8
Nano A 20.0 41.40 0.91 29.3
Nano B 38.8 41.05 1.80 32.6
Nano C 63.4 41.70 3.13 52.0
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and 5�10–7 m/s. As expected, a higher current response is seen for the
nanostructured electrode than for the flat electrode (see Table 6.2). But the
increase in the current response due to the presence of nanopillars is
significantly affected by the surface-reaction rate constant for glucose.
At a rate constant of 5�10–4 m/s, the increase in current due to nanopillars
is 1.27-fold, whereas at a rate constant of 5�10–7 m/s the increase is 22.26-
fold (see Table 6.2).

At a higher surface-reaction rate constant, glucose gets easily oxidized at
the top ends of the nanopillars before it can diffuse deep into the space
between the nanopillars, while at a lower rate constant, more glucose will be
able to diffuse into the deep space between the nanopillars to get oxidized,
thus leading to a higher enhanced current response as compared with a flat
electrode. These arguments are supported by the fact that a higher glucose
concentration is found at the bottom of the spaces between nanopillars in
the case with a lower reaction rate constant. The glucose concentration is
found to be 0.285mol/m3, 0.497mol/m3, and 13.583mol/m3, respectively, at
the bottomof the spaces between nanopillars for cases with the rate constant
of 5�10–4 m/s, 5�10–5 m/s, and 5�10–7 m/s. Figure 6.10B shows a contour
plot for glucose concentration at a rate constant of 5�10–7 m/s, where it is
seen that a significant amount of glucose reached to the bottom of the spaces
between nanopillars.

These results indicate that the enhanced current response in glucose
sensing with functionalized nanostructured electrodes can be attributed to
the effective mass transport facilitated by the relatively low reaction rate
constant of glucose. Since in most experiments the reaction rate constant
cannot be altered easily, it is thus necessary to optimize the dimensions and
geometries of the nanopillars (in terms of their diameter, spacing, and
height, etc.) in order to accommodate the specific analyte species for
achieving the highest possible efficiency in mass transport and electron
transfer.

Effect of Electrical Double Layer

The electrical double layer (EDL) structure surrounding the nanometer-
scale electrodes will affect their electron transfer and current response
(Martynov & Salem 1983; He at al., 2006; Yang & Zhang, 2007).
Figure 6.11A shows the voltammograms (normalized to their correspond-
ing limiting current obtained when the effect of EDL is not considered) for
electrodes of various sizes when the charge valence (z) of the redox species

Table 6.2 Simulated steady-state amperometric current obtained at var-
ious reaction rate constants.

Reaction rate constant (m/s)

Current density (mA/cm
2
)

Nano Flat Nano/flat

5�10–4 58.9 46.2 1.27
5�10–5 39.1 12.0 3.26

5�10–7 3.25 0.146 22.26
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is z = –1. Clearly, all the voltammograms exhibit a sigmoidal shape and
the curves with z = 1 have their normalized limiting current higher than
unity while the curves with z = –1 have the normalized limiting current
lower than unity. This is so because at a negative (reduction) electrode
potential the positive-charged redox species would experience attraction
and the negative-charged species repulsion, thus causing the current to be
either enhanced or suppressed in the respective conditions. In view of the
limiting current, the smaller the electrode becomes, the more the normal-
ized limiting current deviates from unity. This EDL-induced current
change becomes negligible when the size of the electrode is sufficiently
large (>100 nm). In addition to the size effect, the charge valence of the
redox species also affects the current response: the higher the charge
valence (in its absolute value) is, the more the normalized current deviates
from unity (see Figure 6.11B).

Future Perspective

The integration of nanotechnology and biotechnology holds great promises
for the realization of autonomous systems for advanced diagnostics and
therapies. These systems will perform both biosensing and drug delivery
functions. They will make it possible to constantly monitor the biological
conditions, process the information in real time, and administer the drug at a
desired location, rate, and amount when necessary. These devices can be
either micro- or nano-electromechanical systems equipped with biosensors,
on-board drugs, and a computer or entirely organic molecular assemblies
(e.g., molecular machines) conjugated with specific drug moieties as well as
target and environmental-sensitive moieties for site recognition, cell-wall
penetration, and drug releasing. These systems will bring benefits of reduced
intrusiveness, increased patient comfort, greater fidelity of sensing results,
and greater precision for site, amount, and rate controllable drug delivery.

In the coming years, it is anticipated that nanotechnology-based bio-
sensors will continue to evolve and expand their use in many areas of life
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Figure 6.11 (A) The reduction end of the simulated voltammograms for single nanometer electrodes of
various sizes (from 1 nm to 200 nm). The insert shows the entire voltammograms. (B) Simulated voltammo-
grams for an electrode of r0=1 nm when the reactant species has different charge valences.
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sciences, particularly in biomedical diagnosis and drug delivery. For drug
delivery applications, these biosensors are expected to possess some ideal
features such as high sensitivity, high specificity, fast response and action,
low detection limit (such that an early detection of clinically signifi-
cant proteins and cancer markers is possible), continuous and long-term
monitoring capability, carrier of personalized medicine for site-specific
and rate-controlled delivery, passively operational (carries no battery, or
turns the physiological metabolic events into fuel power), and wirelessly
operational (be able to communicate with external monitoring devices
wirelessly).
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