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ABSTRACT

Nanofluidic channels can be used to enhance surface binding reactions, since the target molecules are closely confined to the surfaces that
are coated with specific binding partners. Moreover, diffusion-limited binding can be significantly enhanced if the molecules are steered into
the nanochannels via either pressure-driven or electrokinetic flow. By monitoring the nanochannel impedance, which is sensitive to surface
binding, low analyte concentrations have been detected electrically in nanofluidic channels within response times of 1 −2 h. This represents
a ∼54 fold reduction in the response time using convective flow compared to diffusion-limited binding. At high-flow velocities, the presented
method of reaction kinetics enhancement is potentially limited by force-induced dissociations of the receptor −ligand bonds. Optimization of
this scheme could be useful for label-free, electrical detection of biomolecule binding reactions within nanochannels on a chip.

One limiting factor for low-abundance analyte detection by
immunoassay is the existence of surface diffusion layers,
which limits the binding kinetics. In typical enzyme-linked
immunosorbent assays (ELISA) or bead-based immuno-
assays, target molecules need to be transported (primarily
by diffusion) to the surface-bound antibodies for a binding
reaction to occur. The distance for this diffusive transport
roughly corresponds to the average distance between the two
target molecules in the sample solution, which can be as large
as ∼10 µm at lower concentrations (∼pM). Diffusive
transport at that length scale is relatively slow and inefficient,
therefore leading to analyte depletion near the binding
surface. This can significantly limit the speed of assays,
requiring long incubation times to reach binding equilibrium.1

One way to deal with this problem would be shortening
this distance, by confining both target molecules and the
antibodies within a nanofluidic channel. Karnik et al.2 have
studied streptavidin-biotin binding in nanochannels, dem-
onstrating the dominance of size and charge effects at high-
and low-ionic strengths, respectively. The largest conduc-
tance changes after streptavidin immobilization to biotiny-
lated surfaces were observed at low-ionic strength, and the
conductance increase was associated with an increase in the
surface charge due to the additional net charge of strepta-
vidin. While the work of Karnik et al. clearly demonstrates

the possibility of electrical detection of chemical binding
in nanochannels, the reported reactions were largely diffu-
sion-limited, at relatively high concentrations of∼19 µM
(1 mg/mL).

We demonstrate that diffusion-limited reactions can be
overcome by performing the detection of analytes in
nanochannels with an applied convective flow through them
to enhance mass transport. This results in fast reaction
kinetics in nanofluidic channels and thus a reduction in the
response time to detect specific target molecules even at low
analyte concentrations. Compared to the diffusional transport
limit, the response time is decreased by a factor of∼54 by
using pressure-driven flow through nanochannels. The
surface diffusion layer is circumvented because of the
small height of the nanochannels such that the diffusion of
molecules toward the walls is very efficient and analyte
molecules almost always have to hit the walls (and get bound
to the binding partners) during their translocation through
nanometer-sized channels. This is even applicable at very
high axial flow velocities in nanochannels, mainly because
our ratio of nanochannel length to height is big, in such a
way that the axial convection time is in most instances longer
than the radial diffusion time. To overcome nonspecific
binding of proteins, we coat the channel surfaces with an
end-functionalized protein-resistant monolayer, bearing high
potentiality for localized selective surface modifications in
micro total analysis systems.3 The presented biosensor on a
chip is operated electrically, and such devices generally hold
promise in medicine, point-of-care diagnostics, and drug
discovery.4
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Nanochannels for electrical sensing of biomolecules were
fabricated in Pyrex using fusion bonding for their encapsula-
tion. Two microchannels were bulk-micromachined in Pyrex,
and underetching was reduced by means of a polysilicon
mask. Then, 100 nm thick platinum electrodes with a 10
nm thin adhesion layer of titanium were patterned at the
bottom of the microchannels using a standard lift-off
technique. The two microchannels were connected by etching
the nanochannels. Buffered oxide etch (7:1), used in nanochan-
nel etching, allowed precise channel depth control since it
has an etch rate of 24 nm/min in glass at room temperature.5

For the glass-glass fusion bonding of the wafer containing
the micro- and nanochannels to the Pyrex wafer with
ultrasonically predrilled holes (SENSOR Prep Services, Inc.,
Elburn, IL), both wafers were cleaned with a Piranha process
followed by surface activation in a heated ammonium
hydroxide bath for 30 min. Thereafter, both wafers were
assembled to form a spontaneous bonding between them,
and they were subsequently annealed at 550°C overnight.5

Afterward, the wafers were diced into chips such that they
could be placed into a chip holder with integrated o-rings
and spring-loaded contacts, allowing convenient fluidic and
electrical connections.

Figure 1a shows the nanochannel chip where holes 1-6
are assigned to the left microchannel, and holes 7-12 to
the right microchannel. Holes 3, 9 and 4, 10 serve for fluidic
access and waste of each microchannel, respectively, and
electrical contact can be made through the pads in holes 1,
7 or 6, 12. To control the pressure in the chip and prevent
liquid flow into the electrical contact sites, holes 2, 5, 8,
and 11 were sealed with nonconductive glue. Different chip
configurations were fabricated with 1, 2, 5, and 10 nanochan-
nels joining the two microchannels. Each nanochannel has
the following dimensions: heighth ) 50 nm, widthw ) 50
µm, and lengthd ) 5.5µm. The microchannels are 850 nm
high and 50µm wide.

The conductance of the nanochannels was measured with
impedance spectroscopy, performed with the precision LCR
meter E4980A (Agilent Technologies, Inc., Englewood, CO)
in the range of 20 Hz to 2 MHz with a peak-to-peak voltage
of 50 mV. The instrument was controlled by a Matlab or
LabView interface program. As described previously,6 the

measured signal at a given frequency, which is∼500 Hz
for the investigated nanochannels and electrolyte solutions,
corresponds to the resistance of the nanochannel junction
between the two microchannels. This is because the elec-
trodes are situated closely to both ends of the nanochannels,
such that the resistance of the nanochannel would be domi-
nant over other resistive components like the microchannel
solution resistance, for example. This setup is different from
previously reported experiments where nanogaps were used
to detect biomolecules through changes in the dielectric
constant of the gap, using impedance measurements over the
height of the nanogap.7,8

For electrical detection of immobilized proteins in nanochan-
nels, streptavidin-biotin was chosen as the model receptor-
ligand pair. To perform such bindings in nanochannels,
surfaces were precoated with the commercially available
polymer PLL(20)-g[3.5]-PEG(2)/PEG(3.4)-Biotin (50%) (Sur-
faceSolutionS, Zurich, Switzerland) at 0.1 mg/mL, subse-
quently referred to PLL-g-PEGbiotin. This polymer is end-
functionalized with biotin and therefore reacts selectively
with streptavidin (Molecular Probes, Inc., Eugene, OR).9

Control measurements were performed by modifying surfaces
with a layer that is highly effective in reducing the adsorption
of proteins,10 PLL(20)-g[3.5]-PEG(2) (SurfaceSolutionS,
Zurich, Switzerland) at 0.1 mg/mL, denoted PLL-g-PEG in
this work. These polymers have been developed for biomedi-
cal applications because they spontaneously adsorb from
aqueous solutions to oxide surfaces due to the positively
charged poly(L-lysine) group at neutral pH,11 they are protein-
resistant due to the poly(ethylene glycol) group forming a
comblike structure, and they can be end-functionalized to
react selectively with a target molecule. All solutions and
experiments are based on a 10 mM HEPES buffer solution
(Sigma-Aldrich, St. Louis, MO), adjusted to pH 7.4 with
NaOH (Sigma-Aldrich, St. Louis, MO), which has an
equivalent ionic strength of∼5.6 mM12 and a Debye length
λD ) 4.1 nm. At this ionic strength, the PLL-g-PEG/
PEGbiotin layer is sufficiently thick to shield electrical
double layer forces because the monolayer thickness of∼12
nm13,14 exceeds the Debye length.15 The chips have been
stocked in the buffer solution for at least 48 h before use.

The procedure for nanochannel surface coating is described
in the following. By applying a vacuum at the fluidic waste
reservoirs, the chip was flushed with buffer solution for 10
min, leading to a repeatability error of∼3%, measured on
the same chip after uncoupling/coupling to the chip holder
and electrolyte refilling. Then PLL-g-PEG/PEGbiotin was
driven into the channels and incubated for 1 h, resulting in
the formation of a monolayer (Figure 2b), followed by a 30
min rinsing step with buffer solution to remove excess
polymer. To ensure that the polymer adsorbed on the
electrodes does not change the electrical signal, PLL-g-PEG/
PEGbiotin has been desorbed from the electrode surfaces
by applying 1.8 V between the microfabricated electrodes
and the reservoirs for 30 min, which does not induce polymer
loss from the silicon oxide regions.16 Subsequently, the
channels were rinsed twice with buffer solution for 30 min
and for 1 h.

Figure 1. Design of the device, consisting of two microchannels
joined by nanochannels. (a) Photograph of the 12× 25 mm chip
showing the two microchannels and access holes. The cross-
sectional view along the dotted line is presented in (b), a scanning
electron microscope image showing two microchannels with
electrodes at their bottom, which are connected by nanochannels
with heighth ) 50 nm and lengthd ) 5.5 µm.
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For the binding experiment in nanochannels with/without
flow, initially the micro- and nanochannels were filled with
the streptavidin solution (various concentrations), and then
it was either incubated for 1 h without any induced flow
(streptavidin should diffuse into nanochannels for binding),
or it was subject to a continuous fluid flow through the
nanochannels (streptavidin is convectively driven into
nanochannels for binding) (Figure 2c). Because streptavidin
has an individual molecular size of about 5 nm (ref 17), the
final polymer layer (after streptavidin binding to PEGbiotin)
would decrease the effective nanochannel height to∼16 nm.
The channels were then rinsed with buffer solution for 30
min and the conductance of the nanochannel was measured.
All subsequently reported conductance values were measured
in buffer solution only, after rinsing. Between experiments,
the channels were cleaned for 1 h with 1 M sodium chloride
and 1 wt % SDS, removing PLL-g-PEG/PEGbiotin layers,3

which has been verified in our nanofluidic channels by
measuring their conductance before and after cleaning.

Different chips with 1, 2, 5, and 10 nanochannels have
been investigated at high streptavidin concentration of 10
µM after 1 h incubation and are presented in Figure 3. At
this streptavidin concentration and incubation time, strepta-
vidin binding to the nanochannel wall would be saturated.
The normalized conductance is the difference between the
conductance after and before streptavidin binding, divided
by the conductance before binding, and a positive value
therefore reflects a conductance increase. The measurements
show that the normalized conductance change varies between
19 and 29%, which is attributed to differences in the surface
charge density of the nanochannels but not the number of
nanochannels. This is due to variations in the native surface
charge of SiO2, leading to differences in monolayer and
hence streptavidin densities.15 The surface of these channels
was modified with PLL-g-PEGbiotin except for the control
measurement in which nanochannels were coated with a
protein resistant PLL-g-PEG monolayer, leading to a normal-
ized conductance change of 3.6%. This value is slightly

higher than the repeatability error limit of∼3%, confirming
a negligible amount nonspecific protein adsorption.

After the channel coating with PLL-g-PEG/PEGbiotin, the
normalized conductance of the nanochannels decreased by
∼50%, corroborating that the nanochannel heighth decreased
from 50 to ∼25 nm due to the∼12 nm thick polymer
monolayers. PEG coating is uncharged,11 therefore leading
to neutral nanochannels, which conductance is entirely
described by the geometry of the nanometer-sized openings.
A further binding reaction between PLL-g-PEGbiotin and
streptavidin would reduce the effective height of the nanochan-
nel down to∼16 nm. Because streptavidin has a net charge
of about-2e at pH 7.4 (ref 18), a more negatively charged
nanochannel does result after binding. Thus, one would
observe a higher nanochannel conductance after streptavidin
binding, because the conductance is dominated by the surface
charge density.19 Using the model of ref 19 with a maximal
surface coverageγ0 ) 2.4× 1016 streptavidin molecules/m2

(ref 20), a normalized conductance change of∼15% is
calculated, close to the measured average value of 24% after
1 h incubation.

To determine the lowest detectable concentration of bio-
molecules using a 1 hdiffusion-limited reaction, the normal-
ized conductance change was investigated as a function of
the streptavidin concentration (Figure 4). With this procedure
the lowest detectable streptavidin concentration in nanochan-
nels is estimated to be 0.4µM. At lower biomolecule con-
centrations, detected nanochannel conductance changes were
within the repeatability error of∼3%. The poor detectability
at lower streptavidin concentrations can be attributed to the
fact that binding equilibrium has not been reached within
the used 1 h incubation time as discussed subsequently.

To understand the reason why lowest streptavidin con-
centrations have not been detected in Figure 4, the process
of diffusion-limited patterning of nanochannels has to be
considered, which has been described by Karnik et al.21 They

Figure 2. Schematic drawing of sequential surface modifications
for streptavidin sensing. (a) A 50 nm high nanochannel in Pyrex
before surface modification. (b) Channel after coating with PLL-
g-PEG/PEGbiotin, which monolayer has a height of∼12 nm.13,14

(c) Final assembly after the streptavidin-biotin reaction, which
binding can be sensed by a conductance change of the nanochannel.

Figure 3. Difference between the conductance after and before
streptavidin binding, divided by the conductance before binding
of 10 µM streptavidin using 1 h incubation. The signal change is
independent of the number of nanochannels. For the control
measurement, the channels were coated with PLL-g-PEG (no
biotin), whereas all other chips were pretreated with PLL-g-
PEGbiotin.
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have calculated that under diffusion the coating timetdiff of
a nanochannel with a lengthd is

whereP is the perimeter of the nanochannel cross-section,
D is the diffusion constant of the analyte (6× 10-11 m2/s
for streptavidin),A is the cross-section of the nanochannel,
andc is the streptavidin concentration. According to eq 1,
the coating time is proportional tod2 and inversely propor-
tional to the analyte concentrationc. This time is calculated
to be as long astdiff ≈ 54 h for 1 nM streptavidin solution in
our nanochannels and assumingγ0 ) 2.4 × 1016 m-2 as
described above. Another relevant time scale for binding
would be the time for a streptavidin molecule in the
microchannel to find the nanochannel inlet (transport at the
micro-nanochannel interface). This transition from micro-
channel to nanochannel can be affected by the formation of
analyte depletion zone near the nanochannel inlet,1 as well
as steric hindrance of biomolecules at the micro-nanochannel
junction.22 However, delays caused by these two effects
would be much shorter in general and therefore can be
ignored in this experiment.

The response time can be significantly improved by using
pressure-driven or electro-osmotic flow through the nanochan-
nels, instead of relying on diffusion. For this situation, the
flux is given byφ ) AVc whereV is the velocity, and under
the assumption of quasi-steady state the rate of consumption
of the nanochannel isPγ0(dx/dt), which has to be equal to
the flux of streptavidin.21 Consequently, the coating time in
flow is calculated to be

Under active flow the response time is now proportional
to d, rather thand2 in the diffusion-limited binding regime.
Moreover,tflow can be further reduced by increasing the flow

velocity V through the nanochannel. The only limitation to
this mode of reaction kinetics enhancement would come from
the limit where the average analyte transit time through the
nanochannel (d/V) becomes comparable to the radial diffusion
time within the nanochannel ((h/2)2/2D). In other words,
analytes will pass the nanochannel without ever diffusing to
the surface of the nanochannel in this limit. In our experi-
ment, this limit corresponds toVl ≈ 3.9 m/s, mainly because
of the small heighth of the nanochannel.

We have measured reductions in the response time of the
nanochannel biosensor in Figure 5 for different flow types
and velocities, shown as the normalized conductance change
of a 1 nMstreptavidin solution as a function of time. For a
flow velocity of ∼0.4 mm/s, maximal normalized conduc-
tance changes are only obtained after∼12 h, and this time
is reduced to∼2 h by imposingV ≈ 3.1 mm/s. Further
increasing this velocity to∼22.9 mm/s reduces the response
time to ∼1 h. These flow velocities have been generated
with the syringe pump PHD 2000 Infuse/Withdraw (Harvard
Apparatus, Holliston, MA), and the magnitude has been
verified with particle image velocimetry measurements in
situ near the nanochannel. The flow velocity was measured
to increase with experimentation time, which is speculated
to be due to pressure build-up in the used Tygon tubing
(Cole-Parmer, Vernon Hills, IL), reaching reported values
after some tens of minutes. The highest generated flow
velocity of ∼22.9 mm/s is limited by the maximal force of
the syringe pump, but velocities up toVl ≈ 3.9 m/s could
theoretically be used as estimated above by equating time
scales of imposed axial flow and radial diffusional transport.
Electro-osmotic flow, as a mean to induce flow through the
nanochannel, has only been investigated up to∼0.4 mm/s
under an electric field of 160 V/cm (ref 23), because
significantly higher applied voltages would have led to
bubble generation on the electrodes in the microchannels.
The control measurement was done with a 1 nMstreptavidin
solution, a flow velocity of 3.1 mm/s, and PLL-g-PEG coated

Figure 4. Normalized conductance change of the nanochannels
as a function of the streptavidin concentration. After 1 h incubation
of streptavidin solution, concentrations down to∼0.4 µM can be
measured whereas lower streptavidin concentrations were within
the repeatability error limit because binding equilibrium has not
been reached yet. The connecting lines are for guidance only.

tdiff )
Pγ0d

2

2DAc
(1)

tflow )
Pγ0d

AVc
(2)

Figure 5. Decrease of the response time of 1 nM streptavidin from
∼12 to ∼1 h by increasing the flow velocity through the nano-
channel, presented by the normalized conductance change vs strep-
tavidin flow time. The control measurement was made with a 1
nM streptavidin solution and a protein-resistant channel coating
under pressure-driven flow. The connecting lines are for guidance
only.
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channels, which does not lead to streptavidin binding but
reduces nonspecific protein adsorption almost completely.

The calculated response time for 0.4 mm/s is 11.5 h (eq
2), which approximately corresponds to the measured 12 h.
However, theoretical response times for 3.1 and 22.9 mm/s
are 1.5 and 0.2 h, respectively, shorter than the measured
values of∼2 and∼1 h. To understand these differences, a
reference experiment was performed in which nanochannels
were coated with PLL-g-PEGbiotin and incubated in a 10
µM streptavidin solution for 1 h. Subsequently, the nanochan-
nels were flushed with buffer solution only, at a flow velocity
of ∼3.1 mm/s (and zero flow velocity for control) as shown
in Figure 6. It has been observed that the normalized
conductance change decreased to∼14% after∼2 h, reaching
equilibrium. This conductance decrease is associated with a
reduced number of streptavidin molecules in the nanochan-
nels, because high forces could lead to a dissection of the
streptavidin-biotin bond24,25despite its dissociation constant
of 4 × 10-14 M (ref 26). Force-induced breaking of
streptavidin-biotin binding has been measured on the pN
level. On the basis of the hydrodynamic drag force given
by Stoke’s law, bond-breaking is possible in our experiment,
because the shear force acting on the target molecule is in
the pN range at this flow velocity and size of the streptavidin
molecule (approximately 5 nm in diameter). Because PLL-
g-PEG has also been investigated as a lubrication layer up
to velocities of some meters per second (ref 27), a detachment
of the entire polymer from the surface is less likely.

The results of Figure 5 and 6 suggest that there exists an
optimum flow velocity, one that reduces the response time
but that is not too high to induce bond cleavage. This flow
velocity can be calculated by Stoke’s law as described above
for a force below rupture of the receptor-ligand interaction.
However, Figure 6 emphasizes that target molecules can also
be detected if bond association and dissociation occurs at
high flow velocity, although at a reduced conductance signal,
which allows a further decrease in the response time of

immunoassays at low target concentrations. We believe that
the saturation of the normalized conductance change after
∼2 h (Figure 6) is due to analyte replenishment as described
in more detail below. Another potential advantage of high
flow velocities could be reduced weak (and therefore possibly
nonspecific) binding, expected to break at high shear forces
in nanochannels.

In standard incubation experiments (diffusion-limited
binding), the same saturation signal is obtained for all analyte
concentrations, but after different times. Fundamentally
different reaction kinetics result in nanochannels with an
induced flow as shown in Figure 7, where the streptavidin
flow time as a function of the normalized conductance
change is presented for different streptavidin concentrations
at a flow velocity of∼3.1 mm/s. In nanofluidic channels,
the saturation signal changes with the analyte concentration,
and saturations are observed after∼2 h for all streptavidin
concentrations. We believe that the saturation signal repre-
sents an equilibrium between streptavidin-biotin bond
association and dissociation28 and hypothesize that the change
in the saturation value is due to analyte replenishment that
decreases with dilution. This determines the detection limit
of this nanochannel-flow biosensor, because only analyte
concentrations above the repeatability error can be measured.
Because streptavidin-biotin bond breakage only leads to a
constant conductance change after∼2 h at V ≈ 3.1 mm/s
(Figure 6), this process does limit the response time, leading
to about equal times to reach saturation for different analyte
concentrations.

In conclusion, we have demonstrated that fast reaction
kinetics can be achieved in nanochannels with a convective
flow through them, because there is no limiting diffusion
layer as in standard incubation experiments. Low-analyte
concentrations have been detected electrically with imped-
ance spectroscopy, and channel surfaces were coated with
an end-functionalized protein-resistant monolayer, appealing
for widespread applications of this biosensor. It has been
observed that high shear forces due to the applied flow result
in dissection of the streptavidin-biotin bond, determining
the response time and the detection limit. Normalized

Figure 6. Normalized conductance change as a function of buffer
flow time at a velocity of∼3.1 mm/s (and 0 mm/s as control
measurement). Before the experiment, the nanochannels were coated
with PLL-g-PEGbiotin and incubated in 10µM streptavidin solution
for 1 h. Applying high-buffer flow velocities lead to a signal
decrease and equilibrium after∼2 h, showing that the majority of
the streptavidin-biotin interactions do not withstand high shear
forces.

Figure 7. Reaction kinetics in nanochannels with an induced flow,
measured by the normalized conductance change vs analyte flow
time for different streptavidin concentrations. The flow velocity of
∼3.1 mm/s was equal for all measurements. Dissimilar to standard
incubation experiments, in nanochannels the saturation signal
changes with the analyte concentration and is reached after equal
times of∼2 h. The connecting lines are for guidance only.
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conductance changes between 11 and 24% were measured,
and we feel confident that these values can be increased with
receptor-bearing beads binding to ligand-coated nanochannel
surfaces if the ratio of bead diameter to nanochannel height
is big. Upon immobilization of beads to the walls, the
geometrical cross-section of the nanochannel will decrease,
which can be electrically measured at high ionic strength. It
has to be considered that bigger beads induce a higher shear
force to the receptor-ligand bond at a given flow velocity,
and an optimum between bead size, detection limit, flow
velocity, and response time has to be determined. We believe
that such optimizations of this impedance biosensor will
allow the detection of antigen-antibody bindings in nano-
fluidic channels.
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