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Flow metering characterization within an
electrical cell counting microfluidic device†
U. Hassan,ab N. N. Watkins,‡ab C. Edwards§b and R. Bashir*bc
Microfluidic devices based on the Coulter principle require a small aperture for cell counting. For
applications using such cell counting devices, the volume of the sample also needs to be metered to
determine the absolute cell count in a specific volume. Hence, integrated methods to characterize and
meter the volume of a fluid are required in these microfluidic devices. Here, we present fluid flow
characterization and electrically-based sample metering results of blood through a measurement
channelwith a cross-section of 15 μm × 15 μm (i.e. the Coulter aperture). Red blood cells in whole blood
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are lysed and the remaining fluid, consisting of leukocytes, erythrocyte cell lysate and various reagents,
is flown at different flow rates through the measurement aperture. The change in impedance across
the electrodes embedded in the counting channel shows a linear relationship with the increase in the
fluid flow rate. We also show that the fluid volume can be determined by measuring the decrease in
pulse width, and increase in number of cells as they pass through the counting channel per unit time.

Introduction
Integrated flow metering is essential in lab-on-a-chip and
microfluidic devices. Microfluidic cell counters based on the
Coulter counting principle use a small cross-sectional channel
or aperture with micro-fabricated electrodes. The impedance
across the electrodes increases as a cell passes through the
channel and a voltage spike, of which the amplitude is proportional to the cell’s size and the width is proportional to
the cell's velocity, is produced. The change in impedance also
depends on the flow rate at which the fluid is flowing, thus
providing an opportunity to meter the fluid volume. Errors in
the measurement of a fluid volume can come from the variance in the device channel dimensions, introduction of bubbles, or fluid dead volumes. This could become a significant
problem for single blood drop point-of-care devices as only a
few microliters of blood is used in these measurements.
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Many have shown that flow metering is possible using different sensing mechanisms such as periodic flapping motion
detection,1 thermistor based temperature difference detection
with varying flow rates,2 atomic emission detection using
radio RF plasma for nanoscale flow rate metering,3 rapid
scanning using a laser-induced self-mixing effect,4 and other
methods. The heat sensing mechanism works by measuring
the temperature difference in a micro channel across two
points. However, such sensors are complicated in design as
they require heat sensing using (2 reference and 3 sensing)
thermistors, and a heat sink to provide insulation on the
same device.2 A microfluidic flow sensor based on a Venturi
tube design was shown to meter the volume of deionized
water but requires the maintenance of a stable vacuum.5
The flow of an electrolyte in a microfluidic channel is
given by a parabolic profile when the flow is laminar
(Reynolds number < 1) and would result in the redistribution
of ions within the electric double layer in the channel.6–8 When
the AC voltage is applied across the channel electrodes, the
ions respond to the electrical fields across the electrodes.9 The
electro-kinetic effects result in ionic redistribution, which then
results in changing the electrical impedance across the
electrodes. Thus, the flow of the fluid in a micro channel can
be related to the change in impedance across the micro
electrodes.10–12 The different parameters, including the amplitude of AC voltage, the frequency of the signal, the conductivity
of the electrolyte, and the dimensions of the electrodes, need
to be optimized for better sensitivity.6,13 With an increase in
flow rate, the mass transport increases due to an increase in
the ionic concentration. The mass transport limited current,
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iL, increases as it is directly proportional to the cube root of
the volumetric flow rate, Q, of the fluid, as given by eqn (1)
below.6,14
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(1)

where, n is the number of electrons transferred, F is the
Faraday constant, l is the electrode length, h is the half-height
of the cell, w is the width of the cell, we is the electrode width
and DA is the diffusion coefficient.6
Performing flow metering in a microfluidic device with
human blood has many applications in clinical diagnostic
devices.15,16 Recently, we reported a cell counting device for
HIV/AIDS diagnostics that takes a drop of blood to count
the CD4+ T cells with high accuracy at point-of-care.17 Using
that device design, we show here that we can meter the fluid
sample using the same electrodes used to count the cells.
In our bio-chip, the whole blood is mixed with a lysing buffer
to lyse all erythrocytes and preserve the leukocytes. The

remaining fluid, consisting of leukocytes, erythrocyte cell
lysate (consisting of the intracellular ions), and the lysing
and quenching reagents, is flown at different flow rates
through the measurement channel.17,18 As the erythrocytes
get lysed, the release of intracellular ions increases the total
ionic concentration in the surrounding fluid. We have characterized the impedance change and cell counts in a fluid
versus different flow rates and show that these parameters
can be used to meter a solution in microfluidic devices.

Experimental setup
The device schematic is shown in Fig. 1a.17 10 μL of whole
blood is infused in the chip and mixed with lysing reagent
(0.12% (v/v) formic acid and 0.05% (w/v) saponin in DI),
resulting in the complete lysis of erythrocytes. The resulting
solution is then mixed on-chip with a quenching solution
(5.3 mL of 0.6% (w/v) sodium carbonate and 3% (w/v) sodium
chloride in DI) to halt the lysing process by maintaining

Fig. 1 Experimental setup. (a) The device layout with lysing and quenching modules are shown. 1. The lysing region, where erythrocytes get lysed.
2. The quenching region to preserve the leukocytes. 3. The cell counting/metering region with a 15 μm × 15 μm cross-section with electrodes.
4. Enlarged segment of (3); the red circles show the typical leukocytes passing through the measurement channel.17 (b) The electrical measurement setup for cell counting and flow metering. The lock-in-amplifier (LIA) is used to inject the 303 kHz signal to the electrodes. The signal is
acquired using a Wheatstone bridge. Metering is done by measuring the potential drop across R. However, for cell counting the differential signal
is used. (c) A typical bipolar voltage pulse obtained as a result of the differential signal. The dotted rectangle, labeled as 1, is used to calculate the
mean value of the baseline shift for the flow metering measurement. (d) The cross-section of the measurement channel depicting all the hydrodynamic and electrical forces exerted on the cells as they pass through the measurement channel.
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the pH and osmolarity of the solution and thus preserving
the remaining leukocytes.18 The lysed blood solution passes
through the measurement channel with a cross-section of
15 μm × 15 μm with micro-fabricated electrodes used for
both cell counting and flow metering. Fig. 1a also shows the
electrodes with the measurement (counting/metering) channel and the leukocytes (encircled in red) passing through
the channel. The electronic measurement setup for flow
characterization is shown in Fig. 1b. Z1 and Z2 represent the
impedance in between the middle and the side electrodes
and R is the 10 kΩ resistance connected as part of the Wheatstone bridge circuit. The input signal of 5 V at 303 kHz is fed
to the middle electrode. Two different referenced signals are
collected, first, a differential V1–V2 signal for cell counting
using a differential amplifier, and second, a V1 or V2 voltage
signal that is ground referenced. Fig. 1c shows the differential signal, which is a bipolar pulse for each passage of a cell
across the electrodes. The height of the pulse depends on
the size of the cell and the distance above the electrodes,
whereas the pulse width depends on the flow rate. As we
show later, the baseline of the signal also depends on the
flow rate of the solution and its average value can be used to
meter the flow rate.
A cell while flowing through the measurement channel
experiences mechanical and electrical forces as shown in
Fig. 1d. The sedimentation force, hydrodynamic drag force,
hydrodynamic lift force and dielectrophoresis force are
exerted on the cell and can alter its trajectory, thus resulting
in a change of the electrical signal obtained.

Paper

Results
Modeling and simulations
The simple equivalent electrical model of a cell passing
through a microfluidic channel over the electrodes is given
in Fig. 2a. A cell is shown as a circle with radius Rc and
membrane capacitance Cm. The resistance of the solution
consisting of the cell lysate, and lysing and quenching
reagents is represented as Rsol. A and B are the platinum
electrodes to which the electrical signal is applied. Cdl is the
double layer capacitance formed at the interface of the fluid
and the electrodes. The equivalent impedance model is given
in Fig. 2b where the model elements have been replaced by
their equivalent impedance parts. The equivalent impedance
between the electrodes is given in Fig. 2c. The change in
impedance between the electrodes depends on the position
of the cell from the electrodes, generating a higher impedance when the cell is near the electrodes. The same microfluidic channel including the electrodes and a biological cell
flowing through it, was also simulated in COMSOL 4.2b.
Fig. 2d shows the cross-sectional view of the channel and
surface plot of the electrical field lines when a cell is placed
near the top of the channel. Fig. S2† shows the corresponding electric potential surface plot. The change in impedance
can be measured as the change in output voltage and thus
can be used to characterize the cell's position, cell's velocity,
and the fluid flow rate. Fig. 2e shows the increase in impedance as the cell approaches the electrodes at the bottom of
the channel.

Fig. 2 (a) Equivalent electrical model of the cell and electrodes in the counting channel. (b) The corresponding impedance model of the circuit
given in a. (c) The equivalent simplified impedance model of the circuit represented in b. (d) The simulation in COMSOL shows the normalized
electrical field lines when the cell is near the top of the channel. (e) The impedance between electrodes decreases as the distance of the cell
increases from the bottom of the channel.
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Flow characterization with signal baseline shift
The amplitude change in the baseline of the voltage signal
acquired is used for the flow metering as shown in Fig. 3.
The flow rate varies from 10 μL min−1 to 60 μL min−1, with
an increment of 5 μL min−1, and while keeping the flow rate
constant for about 120 seconds the change in the baseline
amplitude of the ground referenced signal is measured. First,
the voltage change in the baseline is measured while flowing
the lysing and quenching solutions together, which linearly
increases with the increase in flow rate with an R 2 value of
0.99 as shown by the blue points in Fig. 3a. The blood is then
infused with the lysing and quenching reagents and the
change in the baseline shift is recorded with varying flow
rates. These results also show a highly linear correlation
(R 2 = 0.99) with a slightly lower amplitude than when using
only lysing and quenching solutions. To investigate the variability in the baseline shift, we tried 3 different blood samples with different hematocrit values of 43.9, 46.5, and 39.8,
and found that there is a very small change in slope of the
linear regression line of the baseline signal amplitude vs.
flow rate, i.e. 2.50, 2.52, and 2.36, respectively, as shown in
Fig. S1.† It should be noted that the flow can also be metered by
measuring the change in the baseline shift of the differential
signal V1–V2, which also increases linearly with increasing flow
rate with a high correlation (R 2 = 0.97) as shown in Fig. 3b.
Electrical cell counting for cell flux characterization
After the lysing of the erythrocytes, the remaining leukocytes
pass through the electrodes and generate a bipolar pulse
during their passage. The bipolar pulse obtained from the
differential signal V1–V2 can also be used for cell counting,
with each bipolar pulse representing a cell. The height of
the pulse depends on the cell size and distance above the
electrodes, with smaller cells generating smaller amplitude
pulses. Fig. 4a shows a bipolar pulse generated for a typical
lymphocyte (with an average radius of 3.9 μm). However,
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Fig. 4b shows a higher amplitude bipolar pulse generated for
granulocytes or monocytes, which have a larger size with an
average radius of 4.7 μm. The histogram in Fig. 4c represents
the pulse count at different pulse amplitudes and shows the
two distinct distributions for lymphocyte and granulocyte/
monocyte populations. The number of the cells can be
counted by either selecting the positive or the negative pulse.
The threshold value Th., as shown in Fig. 4c with the black
arrow, is the voltage amplitude value used for cell counting.
The threshold value is selected by considering the minimum
voltage amplitude between the lymphocyte distribution and
debris. Fig. 4c shows the histogram obtained for the negative
pulse. The positive pulse is of higher magnitude as compared
to the negative pulse, and the difference can be observed
in Fig. 4(a and b). This difference is also clear from the shift
in the histogram as indicated by the arrows i and ii, which
represent the peak amplitude values for lymphocyte and
granulocyte/monocyte distributions, respectively. The peak
amplitude values of i and ii obtained for the negative pulse
are 0.3 and 0.7 volts, and for the positive pulse are 0.45 and
0.95 volts, respectively. This difference in amplitudes should
be considered while selecting the threshold value for cell
counting either from the positive or the negative pulse.

Flow characterization with cell counting (cell flux)
With an increase in flow rate, the number of cells flowing
through a measurement channel per unit time would also
increase. Fig. 5a shows the linear relationship between the
increase of cells flowing per minute and the increase in flow
rate with a high correlation of (R 2 = 0.97). However, the number of cells present in one microliter of solution would remain
constant when the flow rate increases. In experiments with
varying flow rates, the number of cells μL−1 passing through a
cross-sectional area of electrodes in one minute is calculated
and shown in Fig. 5b. The average number of cells μL−1 in one
minute, measured with varying flow rates of 10–60 μL min−1,

Fig. 3 Flow metering of the lysed blood in the measurement channel. (a) The linear relationship between the amplitude increase of the baseline
signal (i.e. V2 or V1 ground referenced signal measured) and the increase in flow rate with lysing + quenching solutions (R 2 = 0.99) and lysed blood
(R 2 = 0.99). The change in amplitude with a varying flow rate between lysed blood and lysing + quenching solutions does not show much
difference. (b) The linear relationship between the increase in baseline signal (i.e. V1–V2, the differential voltage signal) and the increase in flow rate
(R 2 = 0.97). Error bars represent one standard deviation across 3 experiments.
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Fig. 4 The threshold selection for the cell counting method. (a) A typical bipolar pulse for a lymphocyte. (b) A typical bipolar pulse for a
granulocyte/monocyte. As it is clear from these bipolar pulses, the positive pulse is of higher magnitude than the negative pulse, showing that the cell
moves downwards as it moves along the measurement channel. (c) The histogram shows the two distributions of lymphocytes and granulocytes/
monocytes by analyzing the negative pulse. (d) The histogram shows the two distributions of lymphocytes and granulocytes/monocytes by analyzing
the positive pulse. Th. is the threshold voltage amplitude used for cell counting. The voltage shift in amplitude is about 0.2 volts. The peak amplitudes
of the lymphocyte and granulocyte/monocyte distributions, represented as i and ii, for the negative pulse are 0.3 and 0.7 volts and for the positive
pulse are 0.45 and 0.95 volts, respectively.

Fig. 5 (a) A linear relationship exists between the flow rate and the number of cells passing through the channel per unit time with a high
correlation of (R 2 = 0.97). (b) The number of cells μL−1 is the ratio of cells min−1 : flow rate. This ratio should be constant with varying flow rates.
For the 10–60 μL min−1 range, the average value of cells μL−1 in one minute is 47 with one std. = 7 cells μL−1. The accuracy is 5.42%. Error bars represent
one standard deviation across 3 experiments.

is found to be 47 with a std. of 7 cells μL−1. The number of
cells μL−1 in a unit time should remain constant. However
there is a variation in the number of cells μL−1 with increasing
flow rate as shown in Fig. 5b. This can be attributed to a cell
counting error within that one minute time period, which

This journal is © The Royal Society of Chemistry 2014

could be reduced by computing the number of cells μL−1 for
higher time intervals. The difference between the cells μL−1
and the mean value of cells μL−1 (47 cells μL−1) over the entire
flow rate range vs. the flow rate is plotted in Fig S3.† This plot
shows the variation of the data and 95% limits of agreement.
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Flow metering with a change in pulse width
The width of the pulses generated as the cell passes through
the electrodes depends on how fast the cell is flowing. We
found that the pulse width is inversely proportional to the
flow rate, thus, the mean value of the pulse width can also be
used to determine the flow rate. Fig. 6 shows the relationship
between the monotonic decrease in pulse width as the flow
rate increases from 10–60 μL min−1, with a correlation of
R 2 = 0.87. The mean value of the pulse width, once precalibrated, can also be used to characterize or determine
the flow rate of the fluid in which the cells were suspended.
Characterization of the pulse height
We found that the positive pulse is of higher amplitude than
its negative pair, as shown in Fig. 4. Fig. S4† shows the plots
of the mean amplitude for the positive pulse, the negative
pulse, and mean of the difference between their amplitudes.
The mean amplitude of the positive pulse is always higher
than that of the negative pulse at all flow rates. Fig. S4a†
shows the relationship between the mean pulse amplitude
and increasing flow rate for lymphocytes. Fig. S4b† shows the
relationship between the mean pulse amplitude and increasing flow rate for the granulocyte/monocyte population.

Discussion
The flow rate characterization of our approach is based on cell
counting applications which usually require a flow rate to be
around 10–100 μL min−1. The dynamic range of the flow rate
in our experiments is 10–60 μL min−1. As compared to our
approach, the optical fiber cantilever based flow characterization1 gives an ultra-wide dynamic range of 10–1500 μL min−1,
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where the minimum detectable change in the flow rate is
about 31 μL min−1 for DI water.
The increase in impedance with the flow rate depends on
the ionic concentration of the solution. For different blood samples, the number of erythrocytes varies from 3.26 to 5.99 million
cells per microliter of blood (mean = 4.7 million cells, standard deviation = 0.46 million cells). This difference in number
results in different ionic concentrations of the fluids after
the erythrocyte lysis, thus resulting in different slopes for the
linear relationship of the increase in impedance with the
increase in flow rate as shown in Fig. S1.† The slope increases
when the hematocrit value of the blood sample increases. The
baseline amplitude difference corresponding to the different
slopes is less for the lower range of the flow rates. However, if
we compute the flow rates from equations given in Fig. S1†
for the amplitude values from 5 to 30 V, the coefficient of variance (CV) value decreases from 0.12 to 0.05, while the standard deviation increases from 0.27 to 0.59. The reason for the
decrease in the CV value is because the rate of the change of
the standard deviation is much smaller as compared to the
rate of the change of the flow rate. In the current experiments,
with a dynamic range of 10–60 μL min−1, the current calibration curve for flow metering would work for all blood samples.
However a new calibration curve will be needed if the fluid
sample is flowing at much higher flow rates or if different
concentrations of the lysing and quenching buffers are used.
The flow metering based on the change of baseline amplitude shows a high correlation when compared to the characterization with pulse width and cell flux. Furthermore, the
change in the baseline shift of the ground referenced signal
is much higher (20 times) as compared to the change of the
baseline amplitude of the differential signal. However, the
main advantage of determining the flow rate by the pulse

Fig. 6 The linear relationship between the pulse width and varying flow rate. The pulse width can also be calibrated and used for flow metering.
Error bars represent one standard deviation across 3 experiments.
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width is that it is independent of the small changes in the
ionic concentration that may arise due to the difference in
red blood cell concentration in the blood samples. However,
the flow metering based on the cell flux is more sensitive
to the variation of the number of blood cells in different
samples. The strength of the proposed approach is that by
acquiring a single voltage differential signal, the baseline
amplitude, cell flux and pulse width, all can be measured.
Thus, using a single signal, the flow rate characterization can
be done by all techniques.
The accuracy in estimating the flow rate with the number
of cells passing through the counting channel per unit time
depends on the cell density in the solution. In healthy individuals, there are on average about 6000 leukocytes μL−1 with
a standard deviation of 500–800 cells μL−1. This variation in
density of cells in a sample could be a source of error. For
every 5 μL min−1 change in flow rate, the mean change of cell
flux is about 220 cells min−1, as shown in Fig. 5a. A 10% variation in the blood cell count would produce a change of
around 30 cells. This would limit the flow rate detection to
approximately 2 μL min−1. However, for all clinical blood cell
counting applications there will be much more variation in
the cell concentration range. Furthermore, for simultaneously
performing cell counting and flow metering characterization,
the cell flux approach cannot be applied directly. In such
applications, the volume will be metered by the baseline shift
or pulse width method and the cell concentration will be
computed, which can be further used to meter the volume.
The amplitude impedance change between the positive
and negative pulse could have resulted due to the application
of hydrodynamic forces on the cells as they pass through the
measurement channel, thus changing the relative position of
the cell to the electrodes. The high flow rates 20–60 μL min−1
would result in a significant drag force greater than the sedimentation and the lift force (ESI†).19,20 However, it should
also be noted that the fabrication inaccuracies between the
three electrodes, due to the small variation in the platinum
deposition and the electronics, might also be the source of
error for the variation in the impedance amplitude of the
pulses. Another possibility is the increase in hydrophobicity
of the polydimethylsiloxane (PDMS) devices over time. Oxygen plasma treatment of PDMS results in producing reactive
silanol groups on the surface which reorient back to the
bulk over time during “hydrophobic recovery”. An increase in
hydrophobicity also increases the fluid contact angle on the
PDMS surface, which might create more resistance to the
fluid flow and could be a source of error of amplitude variation in the pulse. The measurement of this amplitude change
is important while selecting the threshold value for the positive or negative pulse for accurate cell counting and in turn
flow characterization through cell flux.

Conclusions
In this paper, a microfluidic cell counter is characterized for
electrically metering the sample volume using the same
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electrodes that are used to count the cells. We demonstrate
that there is a linear increase in the signal impedance as
the flow rate is increased. We also show that the volumetric
flow rate can be characterized electrically and that the pulse
width decreases and cell counts per unit time increases with
the increase in flow rate. These approaches can be very useful
in measuring the sample volume in electrically based cell
counting devices.

Materials and methods
Chip fabrication
The platinum electrodes were patterned on a Pyrex glass substrate by evaporating a 25 nm Ti adhesion layer and 75 nm Pt
conduction layer and then lifting off undesired metal using
standard photolithographic metal lift off procedures. Microfluidic channels were created by patterning a SU-8 thick negative photoresist (Microchem) as a negative master in which
polydimethylsiloxane (PDMS) was poured and cured. Fluidic
inlets and outlets were cored into the cured PDMS chips
before permanently bonding them to the glass/electrode layer
using oxygen plasma bonding.
Blood sample collection
The blood samples used in the study were collected from
University of Illinois student volunteers through proper Institutional Review Board (IRB) approval. Blood was drawn via
venipuncture into EDTA-coated BD Vacutainers (BD Biosciences). After the blood draw, the blood was kept on a sample
rotisserie at room temperature until used for the experiments
on the same day.
Modelling equations
Equations in Fig. 3, 5, and 6 do not represent a physical relationship between the flow rate and voltage amplitude, pulse
width or cell flux. The equations are not dimensionally consistent as well. These equations represent the modelling
equations to characterize the flow rate from voltage amplitude, pulse width or cell flux.
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