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Abstract 

Conventional affinity biosensor typically relies on passive diffusion of analytes for binding 

reaction, which in many cases leads to long response time and lack of sensitivity. Recent 

research showed that directed particle motion towards sensor electrodes could be induced in 

sample matrix by applying an inhomogeneous AC electric field, often with AC dielectrophoresis 

as the responsible mechanism.  As a result, shorter assay time and higher sensitivity can be 

achieved.  Previously, we demonstrated a rapid and sensitive AC capacitive affinity sensor, 

which integrates low voltage AC dielectrophoresis into label-free capacitive measurement to 

achieve a single-step operation without any wash steps for clinical samples. However, 

dielectrophoretic force is rather short-ranged, and is also proportional to the size of target 

biomolecules/particles. Therefore, to detect target molecule at diluted concentrations or small 

molecule, improvement in sensitivity by dielectrophoresis could be quite limited.  Alternatively, 

AC electric field can also produce microfluidic movement to carry biomolecules to sensors, 

which is of long range and size independent.  This work demonstrates the use of low voltage AC 

electrothermal effect to enhance and accelerate the detection of low abundance and small target 

molecules by AC capacitive sensing with simultaneous AC electrokinetic enrichment.  Electrode 

designs were studied for their effectiveness in AC electrothermal capacitive sensing.  Electrodes 

with larger characteristic length were found to be more amenable to inducing AC electrothermal 

convection and were successfully used to detect low abundance protein and femto-molar level 

small molecules.   
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I. Introduction 

Point-of-care diagnostics is becoming increasingly important for improving world health, and 

biosensors have shown great potential in realizing rapid, inexpensive and portable on-site 

diagnosis [1, 2]. Among various types of biosensors, biosensors based on electrical signal, such 

as electrochemical sensors and impedimetric biosensors, have attracted great interest due to their 

ability to achieve high sensitivity detection with relatively simple instrumentation and operation 

[3-6]. The most commercially successful biosensor is glucose meter based on enzymatic redox 

reaction. However, on-site detection of low abundance analyte is much less successful, 

especially for affinity based detection. Affinity sensors detect biological particles based on 

specific binding between analyte and probe molecules [7-9]. Conventional affinity biosensors, 

including microarrays [10-12] and enzyme-linked immunosorbent assays (ELISA) [13], require 

long incubation time and sophisticated instrumentation for field use.  So a low cost, portable and 

high sensitive affinity sensor is highly desired. Electrical based detection will provide a low cost 

solution to detection instrumentation. Here, our work will show that an electrical sensing method, 

AC electrokinetics-based capacitive sensing, can also speed up detection and improve sensitivity 

for affinity sensors, in addition to low cost and portability.  

Affinity biosensors rely on the binding of analytes with receptor probes to achieve detection, 

so the meeting of probe and analyte molecules is crucial. By passive molecular diffusion, 

detection often requires long incubation time, ranging from minutes to several hours [14], 

especially for low abundance analyte. Many biomarkers and analytes associated with diseases 

and pollution exist in biological fluids and environments with low abundance, typically in the 

range of fg/mL to ng/mL [15], which is highly challenging to detect. To achieve usable 

sensitivity, enzymatic [16] florescent [17] or particle label [18, 19] is often required for signal 

amplification, which significantly complicates the detection procedure.  For label-free detection, 

to overcome the diffusion barrier, some research groups employed external stirring to speed up 

macromolecule transport [20-22], including alternating current electrokinetics (ACEK) method. 

ACEK [23], implemented by microelectrodes immersed in sample fluids, induces directional 

particle or fluid motion by externally applied AC electric fields over the electrodes. When 

applying inhomogeneous AC electric field to biological samples, possible ACEK effects that can 

be induced around microelectrodes include DEP and AC electrothermal effects.  DEP force is 

directly applied over particles, and is proportional to the size of target biomolecules/particles.  So 

enrichment by DEP is more effective with larger biomolecules. DEP is also rather short-ranged, 

with its effective range typically within microns. Besides DEP, AC electric field can also 

produce rotating vortex-like microfluidic movement above electrode surface, which is known as 

AC electrothermal (ACET) effect [24, 25]. As microflows can carry target biomolecules to the 

electrodes for binding, analyte enrichment by ACET effect is of long range and size independent.  

Since its advent in 1990s, ACEK has been studied and utilized by many researchers to 

accelerate the movement of macromolecules towards sensing areas [21, 22, 26, 27], and 
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improvement in sensor responses has been observed repeatedly when ACEK effects are 

incorporated. However, in almost all the existing ACEK devices, the amplitude of AC signal 

used is usually around 10 V [21, 28, 29], and the ACEK preconcentration step is separate from 

the detection step [26]. Applying higher than 1V voltage over biofluids raises the concerns of 

electrolysis [30], biofouling [31], etc., and an additional preconcentration step adds to the 

operation complexity. These reasons severely limit the use of ACEK in biosensing. While there 

was one report using 100 mV AC to enhance binding assay, the target protein were tagged with 

fluorescent microparticles for signal amplification, and the detection had to be endpoint detection 

due to the separate preconcentration/incubation step [32].  

Recently, we developed a rapid and simple to operate affinity sensing technique, known as 

“ACEK capacitive sensing method” [33]. This method integrates low voltage (<1V) 

dielectrophoresis (DEP) into label-free capacitive measurement to achieve a single-step 

operation without any wash steps for clinical samples [33, 34]. With interdigitated 

microelectrodes as the sensor, the interfacial capacitance of electrodes/sample solution is 

monitored at a fixed frequency AC signal between 10 mV-500 mV.  Specific binding at electrode 

surface is detectable through a change in the interfacial capacitance [35]. Capacitive sensing is 

usually done at low voltage such as 5 mV.  Here the capacitance change is measured at a higher 

AC voltage, which will also induce ACEK effects simultaneously during measurement in the 

fluid around the electrodes. The whole detection process is a one-step operation that completes at 

the end of capacitance measurement.  Since the AC signal will accelerate the transport of analyte 

towards the electrodes for binding, the response time is usually less than one minute. So this 

method is much simpler and faster than commonly used ELISA procedure requiring multiple-

wash/ hour-long incubation [36]. While no particle movement can be visualized for ACEK 

effects due to the use of low voltage, ACEK capacitive sensing exhibits significant improvement 

in response time and detection sensitivity. Our prior work successfully demonstrated detection of 

specific protein and virus particles from clinical samples (serum and nasal swab) with high 

sensitivity and specificity and fast response time [33, 34].   

In the prior work detecting protein or larger bioparticles, DEP was determined to be the 

dominant ACEK mechanism of analyte enrichment, since the response magnitude showed a bell-

shape dependence on AC frequency. As DEP force is size dependent and short-ranged, when 

detecting target molecule at diluted concentration or small molecule, improvement by DEP 

becomes limited [37]. To further understand and improve ACEK capacitive sensing method, this 

work investigated the feasibility of inducing low voltage AC electrothermal (ACET) flows to 

enhance the detection of diluted and/or small molecules target. Different electrode patterns are 

studied and compared for their effectiveness in capacitive detection of antigen-antibody binding 

and aptamer-small molecule binding. Using an electrode design of choice, improved results have 

been achieved for low abundance protein and small molecule, reaching detection limits of 1 

ng/mL for protein (IgG) and 10 fM for small molecule (bisphenol-A) within one minute. 
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II. Theory 

When electrodes are immersed in an aqueous solution, electric double layer (EDL) will form 

at the interface of electrodes and solution.  EDL can be electrically regarded as a capacitor, 

which is also known as the interfacial capacitance (Cint) of the electrolytic cell.  Past work has 

shown that Cint can reflect with high sensitivity any physical changes (i.e. binding) at the 

electrode surfaces. The effect of interfering constituents in the test fluids mostly shows up 

through the fluid resistance, which is easily eliminated in capacitive sensing since only Cint is 

measured.  Detection of Cint also minimizes problems with un-desired charge transfer pathways 

through surface in a complex fluid that troubles enzymatic sensing. Consequently, no wash step 

is required for ACEK capacitive sensing method, yet high selectivity can still be achieved.  In 

this method, by using a fixed frequency of choice (100 kHz) along with the dilution buffer we 

chose, the capacitive component of the measured impedance corresponds directly to the 

interfacial capacitance (Cint) of microelectrodes. So biomolecular binding at the sensor surface 

can be found quickly and directly without resorting to complicated data processing. Additionally, 

at this frequency, most of electric field drops over the fluid to induce ACEK effects such as DEP 

and ACET flows. Only a small portion of electric potential is applied between the electrode and 

fluid interface, so there is no appreciable effect on biomolecular attachment on the electrodes.  

 

    

(a)                                                               (b) 

Figure.1 Process of specific analyte (antibody) binds to the probe molecules (antigen) 

immobilized on the electrode for detection. (a) Random movement of analyte by thermal 

diffusion; and (b) directed movement of analyte towards the electrodes for binding when aided 

by DEP and AC electrothermal effects.  The color shows temperature distribution in the fluid, 

with the temperature maximum between the electrodes. Cint becomes lower when more 

biomacromolecules are attached to the electrode surface.   

 

In this ACEK capacitive method, when reading capacitance at a pre-determined AC 

frequency and voltage, an inhomogeneous AC electric field is applied through microelectrodes to 

an aqueous solution, and ACEK effects take place.  Consequently, particle and fluid movement 
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could be induced around the microelectrodes to achieve in-situ enrichment of macromolecules. 

Directional particle movement can be induced by DEP, and can also be caused by microflow 

convection such as AC electroosmosis (ACEO) [38, 39] or AC electrothermal (ACET) flow [25, 

40] to reach the microelectrodes, as schematically shown in Figure.1.  

DEP force on a spherical particle can be expressed as [41]:   FDEP = πa3εmRe [ εp∗ −εm∗εp∗ +2εm∗ ] ∇|E|2 ≈ πa3εmRe [ εp∗ −εm∗εp∗ +2εm∗ ] |E|2𝑟 ,       (1) 

where 
* /j      is the complex permittivity with ε, σ and ω being permittivity, electrical 

conductivity and angular frequency; subscript p and m denote particle and medium, respectively. 

Re is the real part of a number, and [ εp∗ −εm∗εp∗ +2εm∗ ] is known as Clausius–Mossotti factor and is 

frequency dependent with a value between -0.5 and 1.  𝑎 is the particle radius; E is the electric 

field strength, and r is half of the electrode gap. Based on eq. 1, for nanoscale macromolecules 

such as antibodies (small a), DEP is effective only with high ∇|𝐸|2 , i.e. high electric field 

gradient, which means that macromolecules need to be within a very short distance from the 

electrodes to experience sufficient DEP attraction.   

If biomolecules that are some distance away from the electrode surface can still be routed 

towards the electrodes, then lower limit of detection can be achieved. For this reason, it is 

advantageous to utilize fluid movement for long range/low abundance detection. Microflows can 

be generated by AC electric field through two ACEK flow mechanisms known as ACEO and 

ACET effect, which can assist in the enrichment of macromolecules by carrying macromolecules 

to the electrodes for binding.  ACEO phenomena typically occur at low ionic strength [42], and 

ACEO flow velocity has been observed to decrease significantly with increasing fluid’s electrical 
conductivity and eventually drop to zero at above 0.085 S/m [43], making it unsuitable for most 

bioassays. This work uses 15 mM Na+ phosphate buffered saline (PBS) with σ =~0.18 S/m, so 

ACEO effect will be negligible. In comparison, ACET effect becomes increasingly pronounced 

with higher fluid conductivity, since higher temperature gradient could be generated, leading to 

stronger ACET flows. ACET flows are induced by inhomogeneous electric field and the 

resultant temperature rise, which further results in localized changes in the electric conductivity 

and permittivity of the fluid.  To maintain electrical neutrality, electrical charges are induced in 

the fluid, which move under the influence of the electric field to produce microflows. With 

planar electrodes, ACET effect will induce vortices above each electrode, and the microflows 

will convect the embedded particles towards the electrode surface [44, 45]. Below a few MHz, 

ACET effect only depends on AC voltage level. There is no dependence on the size of 
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bioparticles or AC frequency, making ACET effect suitable for enrichment of a broad range of 

bioparticles.  ACET force (FET) on fluid can be expressed as [41]:  𝐹𝐸𝑇 = 0.011 𝜀𝜎𝑘 𝜋𝑟𝐸4,           (2) 

for which 300K room temperature is assumed. 𝑘 in Eq. (2) is the thermal conductivity of sample 

fluid.  In Eqs. (1) and (2), electric field strength E is approximated by electric potential V over 

the half circle over electrode gap, i.e. E=V/πr), and root mean square values are used for electric 

field.  

Based on Eqs. (1) and (2), two differences between DEP and ACET forces can be observed.  

First, ACET force increases with electric field strength E more strongly than DEP forces, as DEP 

force 𝐹𝐷𝐸𝑃 ∝ |𝐸|2and ACET force 𝐹𝐴𝐶𝐸𝑇 ∝ |𝐸|4. Second, for a given electric field strength, DEP 

effect weakens with electrode gap while ACET effect becomes stronger with electrode gap.  The 

relative importance of DEP and ACET effect is clearly dependent on electrode design, which is 

supported by numerical modelling of ACEK induction by microelectrodes [27].  In the previous 

work on ACEK capacitive sensors [33], microelectrodes modified from off-the-shelf surface 

acoustic wave (SAW) resonators were adopted as the sensing element.  In that work, frequency 

dependency in the sensor response was clearly observed, indicating that analyte enrichment, to a 

large degree, was caused by DEP. It was hypothesized that the sensor performance could be 

further improved if ACET microflows could be adequately exploited to assist biomolecular 

transport.  So here, ACEK biosensing by larger electrodes will be studied to see if ACET flow 

can be adequately induced, still at low electric field strength, to enhance binding.  The benefits of 

ACET enrichment include a longer effective range, i.e. lower limit of detection, and being 

effective with small molecules since ACET flow is size-independent.  Our prior work [27, 46] 

demonstrated that 5μm electrodes was effective at inducing ACET microflows for biofluid 
convection at several volts, and the same electrode designed will be used here and compared 

with past sensor performance.   

 

III. Devices and methods 

3.1 Microelectrode sensors 

To compare different sensing electrodes, this work used planar microelectrodes fabricated in 

house on silicon wafers and modified SAW resonators, as shown in Fig.2. In-house fabricated 

microelectrode arrays have interdigitated configuration with two different dimensions, electrodes 

with a characteristic length of 2 μm (with widths of 2 μm separated by 2 μm gaps), denoted as 2 

μm electrodes, and electrodes with a characteristic length of 5 μm (with widths of 5 μm and 25 
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μm separated by 5 μm and 25 μm gaps), denoted as 5 μm electrodes. A silicone microchamber (2 

mm in diameter and 0.9 mm in depth, JTR24R, GraceTM Bio-labs) was sealed onto the wafer 

with electrodes inside for sample loading. In addition, commercial SAW resonators were 

modified to expose the interdigitated electrodes inside for use, which has a characteristic length 

of 1.5 μm. (Zoomed-in images of microelectrodes can be found in Supplementary Material 

section.)  As shown in Fig.2b, the electrode array was about 1 mm in total length and 0.7 mm in 

width placed on a ceramic support in the middle of SAW chip package. The metal casing around 

the electrode chip is about 4 mm (L) x 2.5 mm (W) x 1 mm (H) = 10 µL, serving as a 

microchamber for sample solutions. The microchambers in both cases are sufficiently high, so 

that electric fields and ACEK effects can fully develop, as shown by numerical simulation [47].   

Before being functionalized as affinity sensors, the microelectrodes were thoroughly cleaned.  

The electrodes were first soaked in acetone for 10 minutes, then rinsed by isopropyl alcohol for 

15 seconds, deionized water for another 15 seconds, and finally dried with air gun. The quality of 

the prepared electrodes was evaluated by measuring the interfacial capacitance, as described in 

Ref. [37].    

 

                       

(a)                                         (b)                                             (c) 

Figure.2 (a) An array of planar microelectrodes on silicon wafer with silicon microchamber over 

it; (b) modified SAW resonators showing the microelectrodes inside. The bright line in the 

middle of chip is the microelectrode array; and (c) a SAW resonator electrode-sensor under test. 

 

3.2 Sample preparation and electrode functionalization 

Sample solutions were prepared using 1 mM phosphate buffer (pH 7.0) containing 15 mM 

NaCl, referred to as 0.1x phosphate-buffered saline (PBS). 0.1x PBS-T is used for rinsing, which 

is 0.1x PBS containing 0.05 v/v% Tween 20 (Fisher Scientific, Pittsburgh, PA).  

Before binding assay, the electrode surface was functionalized by immobilizing probe 

molecules and blocking. For protein sensors, bovine IgG whole molecules (Jackson 

Electrodes 
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ImmunoResearch Laboratories Inc., West Grove, PA) were used as the probe molecules, which 

was diluted to a concentration of 10 μg/mL using 0.1x PBS.  The bovine IgG solution was 

loaded into the microchamber and incubated in a humidor at room temperature for 5 hours. 

Passive adsorption was used without any linker molecules.  Afterwards, protein chips were 

blocked with 0.1x Buffer B, which is 0.1x PBS-T containing 10 v/v% SuperBlock (PIERCE 

Biotechnology, Rockford, IL).  A goat anti-bovine IgG (H+L) antibody (unlabeled, Jackson 

ImmunoResearch Laboratories Inc.) stock solution with a concentration of 2.4 mg/mL was used 

to prepare anti-bovine IgG antibody sample solutions.  The samples were 1:10 serial diluted to 

concentrations of 100, 10, and 1 ng/mL by serial dilutions. 0.1X PBS was used as the sample 

dilutant and also as the control sample.  

For small molecule detection experiments, aptamer specific to bisphenol A (BPA) [48], with 

5’ thiol modifier C6 SH (Sangon Biotech Co., Ltd, Shanghai, China) was immobilized onto the 

electrodes at a concentration of 1μM, which was also incubated in a humidor at room 

temperature for 5 hours. The sequence of the aptamer (5’ to 3’) is 5’ -CCG GTG GGT GGTCAG 

GTG GGATAG CGT TCC GCG TAT GGC CCA GCG CAT CAC GGG TTC GCA CCA-3’. 
Then the aptamer electrodes were blocked with Triton X-100 (0.1v/v %), which was prepared by 

adding 10μL of Triton X-100 solution in 10 mL of distilled water [49]. For the detection of small 

molecule, BPA molecule was 1:10 serial diluted in 0.1x PBS with concentration ranging from 1 

to 1000 fM. 4, 4′-Isopropylidenediphenol (BPA) and dimethyl Sulfoxide (DMSO), ≥ 99.7 % 
were purchased from Fisher Scientific, Pittsburgh, PA. 11.3 mg BPA was dissolved in 5 mL 

DMSO to make 10 mM BPA stock solution.  Serial 1:10 dilutions were then made with DMSO 

from stock solution to make standard concentrations of 1µM, 100 nM, 10 nM, and 1 nM.  The 

above concentrations were further diluted 1:1,000,000 in 0.1X PBS to make the working solution 

of 1 pM, 100 fM, 10 fM, and 1 fM for testing.  The concentrations of DMSO were kept constant 

in all the standards. 

Non-specific binding experiments were also conducted to evaluate the specificity of this 

sensing method. Dummy electrodes were prepared by blocking the electrode surfaces without 

immobilizing probe molecules. Those electrodes were then used against sample solutions as 

described above.  For small molecule BPA detection, in addition to dummy electrodes, 

bisphenol-S (BPS) was also tested against electrodes functionalized with BPA-aptamer. BPS is 

very similar in structure to BPA, in which the dimethylmethylene group (C(CH3)2) is replaced 

with a sulfone group (SO2). Different concentrations of BPS solutions were prepared using the 

same procedure for BPA solutions as described above. 

 

3.3 Measurement instrumentation 

The interfacial capacitance was continuously measured at 100 kHz by an impedance analyzer 

(Agilent 4294A) for 30 seconds. The impedance analyzer will read the sensor impedance in the 
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format of 𝑅𝑆 + 𝑗 1𝜔𝐶𝑆, where 𝑅𝑆 and 𝐶𝑆 are the resistance and capacitance of the sensor when it is 

represented as a serial connection of a resistor and a capacitor. Here, 𝐶𝑆 is approximately half of 

interfacial capacitance.  Such a treatment of sensor impedance was justified in our prior work 

[50]. Further, ACEK capacitive sensing method adopts a dimensionless quantity – the percentage 

change in the measured capacitance to indicate analyte deposition onto the electrode, which is 

the slope of normalized capacitance change versus time (%/minute) and found by least square 

linear fitting method.  Normalized capacitance is calculated as  

Norm (Cint, t) = (Cint, t - Cint, 0)/ Cint, 0, where Cint, t and Cint, 0 are the measured interfacial 

capacitances at time t and time zero, respectively. Doing so circumvents the need for a reference 

sensor, minimizes size difference from sensor to senor, further simplifying the detection 

procedure and instrumentation. 

The impedance of 2μm and 5μm electrodes after loading sample is measured to be in the 

range of 70-100 Ω at 100 kHz, and the impedance analyzer used for capacitance measurement 
has an internal resistance of 25 Ω. Thus, loading effect cannot be neglected, i.e. the output 

voltage from the impedance analyzer is divided between the sensor and analyzer, and the actual 

voltage applied onto the sensor is lower than the nominal voltage set for the impedance analyzer. 

To obtain the actual voltage drop, an oscilloscope (Agilent DSO3062A) was connected to the 

sensor during measurement. The measured voltages showed around 30% decrease from the 

nominal measuring voltage for 2μm and 5μm electrodes. Table.1 gives the actual voltage drops 

corresponding to the displayed voltages on the impedance analyzer. The impedance of SAW chip 

electrodes is over 1 kΩ, so the loading effect is negligible. 

Table.1 Measured voltage drop on 2μm and 5μm electrodes 

(Unit: mVrms, rms: root mean square) 

Nominal voltage 50 100 125 200 250 400 500 1000 

Actual voltage 41 78 89 140 181 272 335 650 

 

IV. Experiments and discussions 

a) Protein detection 

First, to demonstrate the effect of electrode designs on protein enrichment and detection, 

sensor responses from three types of electrodes were obtained under similar electric field 

strength for a range of protein concentrations. Three types of sensing electrodes were used, SAW 

electrodes (i.e. 1.5 μm electrodes), 2 μm electrodes and 5 μm electrodes on silicon wafers.  All 

were functionalized with anti-IgG antigen. The characteristic electric field strength for a sensor 

was estimated as the applied voltage divided by the half circle over narrow electrode gap (E =𝑉 𝜋𝑟⁄ , r is half of the electrode gap).  So the electric field strengths were 42.4 mV/μm for SAW 
electrodes, 44.6 mV/μm for 2 μm electrodes, and 42.7 mV/μm for 5 μm electrodes. Figure.3 gave 
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the responses of the three different electrodes to various concentrations of IgG samples.  To 

account for possible artifacts from applying electric signal to biological samples, buffer solution 

without analyte was tested on functionalized electrodes as control experiments. For non-specific 

binding tests, sample solution containing 10 ng/mL antibody for protein sensing were tested.  

Measurement at each data point was repeated three times.   

 

In Fig.3, the control experiments using blank buffer exhibited very little responses.  SAW 

electrodes, 2μm electrodes and 5μm electrodes showed capacitance change rates of  0.01 ±0.09 %/min, −0.03 ± 0.03 %/min and 0.21 ± 0.05 %/min, respectively.  The outputs of non-

specific binding tests on un-functionalized electrodes were a little larger, but still rather low, −0.19 ±0.10%/min for SAW electrodes, −0.09 ± 0.03%/min for 2μm electrodes and −0.26 ±0.01%/min for 5μm electrodes, attesting to the specificity of this sensing method. Also, based 

on Fig.3, sensor output more positive than −0.30%/min was defined as being non-reactive, i.e. 

negative response.  

As could be seen, the capacitance change rates were very similar between SAW electrodes and 

2μm electrodes for all the concentrations tested (1, 5, 10 and 100 ng/mL), while 5μm electrodes 
exhibited much larger responses. The SAW and 2μm electrodes had a logarithmic dependence on 

IgG concentration ranging from 1 to 100 ng/mL.  Their sensitivities were found by linear curve 

fitting to be -0.59 ±0.12 and  -0.49 ±0.07  %/log (ng/mL) with a Pearson correlation 

coefficient[51] R2 of 0.88 and 0.94 for SAW and 2μm electrodes, respectively. In comparison, 

5μm electrodes yielded a sensitivity of −1.80 ± 0.69 %/log (ng/mL), more than three times that 

 

Figure.3 Binding responses from three different electrodes under similar electric field 

strength. Each test was repeated three times. Error bar indicates the standard deviation. 

Control results included both buffer solution and non-specific binding on un-functionalized 

electrodes. 
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of SAW and 2μm electrodes. The 5μm electrodes exhibited logarithmic dependence on IgG 
concentration from 1 to 10 ng/mL. However, there was no increase in sensor response when the 

IgG level became higher than 10 ng/mL, probably due to saturation of binding sites by strong 

ACEK enrichment. 

With the limit of detection (LOD) being defined as more than three standard deviations from 

that of control tests, the LODs of SAW and 2μm electrodes were found to be 10ng/mL (their 

capacitance change rates at 10ng/mL were around −0.50 ± 0.04 %/min ). In contrast, 5μm 
electrodes showed a change rate of −0.60 ± 0.13 %/min for 1ng/mL IgG sample. So the LOD 

for 5μm electrodes was 1ng/mL, increasing by approximately one order of magnitude from SAW 

and 2μm electrodes.   

Since the electric field strengths are similar between the electrodes, so the differences 

between their output magnitudes can only be attributed to the electrode geometric differences.  

Given the similar electrode characteristic dimensions between SAW and 2μm electrodes, their 

responses were similar as expected. As an aside, it should also be noted that SAW and 2μm 
electrodes did have very different total electrode areas exposed to fluid.  SAW electrode array 

had a total active area of 0.7 mm2, while 2μm electrode array has an active area of ~4.9 mm2. 

The results showed that by using normalized capacitance change, the difference in total electrode 

areas and microchamber geometries will not have appreciable effects on the sensor response, 

increasing the test repeatability from device to device.  The difference in sensor responses 

appeared to arise from their characteristic lengths.  According to Eqs. (1) and (2), DEP is more 

pronounced with smaller electrodes, while ACET effect favors larger microelectrodes. As there 

was significant improvement in the sensitivity and LOD of 5μm electrodes over SAW and 2μm 
electrodes, it could be concluded that ACET effect will dominate for larger electrodes. 
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Next, the effect of AC electric field on enhancing binding was studied further by varying AC 

electric field strength from 13 mV/μm to 86 mV/μm. This helped us to establish a range of 

electric field strength for effective improvement by ACEK effects. Only the results from 2μm 
and 5μm electrodes to 10 and 100 ng/mL IgG solutions were shown here in Fig. 4 for its clarity. 

Four characteristics could be noticed from Fig. 4.  First, at 13 mV/μm, the sensor responses were 
small for all cases, even for 100 ng/mL sample on 5μm electrodes. This indicated that this 

electric field strength was too low to induce sufficient ACEK effects to effectively enhance 

binding reactions. For 5μm electrodes, the change rates were slightly more negative than -

0.30%/minute, the cut-off point for a detection. Second, the capacitance change rate increased 

steadily with electric field strength, indicating that binding was aided by AC electric field, which 

strongly supports that low AC electric field can induce usable DEP and ACET effects. Third, the 

difference in the responses between 2μm and 5μm electrodes widened quickly at higher electric 

field strength, especially for responses from 10ng/mL IgG samples, consistent with Eq. (2) of 

ACET force 𝐹𝐴𝐶𝐸𝑇 ∝ 𝑟|𝐸|4.  So it is clear that enrichment by ACET effect is more dominant in 

larger electrodes. Last, the rate of increase in sensor response became less when the electric field 

strength goes above 45 mV/μm, especially for 5μm electrodes.  So the range of AC electric field 

strength was estimated to be between 13 and 45 mV/μm for effective induction of ACEK 
enhancement in affinity sensing.   

When the electric field strength was higher than 45 mV/μm, ACEK effects became so strong 

that sufficient analyte molecules were transported close to the electrodes, and the surface binding 

shifted from transport-limited domain to reaction-limited domain, i.e. showing saturation of 

binding sites.  An example is the outputs from 5μm electrodes.  There was little difference 

  

Figure.4 Binding responses of control buffer, non-specific, 10ng/mL and 100ng/mL samples 

under different electric field strengths. 2μm and 5μm electrodes were tested for comparison. 
Each test was repeated twice and the error bar indicates standard deviation. 
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between its response to 10 and 100 ng/mL IgG samples, and there was no increase in sensor 

response at electric field higher than 45 mV/μm.   

 

 
   (a) 

        
(b)                                                                         (c) 

Figure.5 Normalized capacitance changes with time.  (a) 2μm electrodes measured at 86 mV/µm; 

(b) 5μm electrodes measured at 45 mV/µm; (c) 5μm electrodes measured at 86 mV/µm. 

  

A comparison of the output transients between 2 μm and 5 μm electrodes showed that ACET 

flows were indeed the cause of binding saturation, as shown in Fig. 5. For 2μm electrodes at 86 

mV/µm, as shown in Fig. 5a, the response still consistently became larger with more 

concentrated IgG samples. The interfacial capacitance decreased linearly with time with little 

indication of saturation.  However, for 5 μm electrodes, saturation began to show for IgG above 
10 ng/mL even at 45 mV/μm. The change rate in normalized capacitance became larger as IgG 

concentration increased from 1 ng/mL to 5 ng/mL, 10 ng/mL.  For 100 ng/mL, the capacitance 

initially dropped quickly then became more gradual after 10 seconds, which was indicative of 

slowdown in binding reaction. At 86 mV/μm, the indication of saturation kinetics became much 
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more pronounced.  The capacitance curves for 10 ng/mL and 100 ng/mL overlapped each other 

and asymptotically approached a maximum of capacitance change, characteristic of specific 

binding.   

 

Table.2 dC/dt (%/min) of 1 and 5ng/mL for every 10 seconds 

 

Table. 2 showed the capacitance change rate of 1 and 5 ng/mL IgG sample at 10-second time 

interval.  It can be seen clearly that binding was transport-limited for 2μm electrodes or 5μm 
electrodes at at 45 mV/μm , and reaction-limited for 5μm electrodes at electric field higher than 

at 45 mV/μm. In the first 10 seconds, 2μm electrode showed a capacitance change rate of 

0.40%/minute. As time went by, the change rate became more negative from -0.29 %/min in the 

10-20 seconds to -0.82 %/min in the 20-30 seconds, which indicated increasing binding rate as a 

result of biomolecules being gradually transported to the vicinity of electrode surface.  Similar 

situation was shown for 5μm electrodes at 45 mV/μm. In comparison, it was a different scenario 

for 5μm electrodes at 86 mV/μm. At 1 ng/mL, its change rate was -1.13 %/min in the first 10 

seconds and slowed down in subsequent time periods, indicating a faster transport of analytes at 

86 mV/μm than at 45 mV/μm. At 5 ng/mL, the Cint change rate was fairly constant, probably 

because there were plenty of analytes for binding. Based on Table. 2, larger electrodes were 

clearly better at enriching analytes.  Both the much larger response and its transient behavior of 5 

μm electrodes indicated that 5 μm electrodes can induce much stronger ACEK effect, mostly 
ACET effect, to enhance detection of dilute analytes. 

From a physics viewpoint, electric field of 2 μm or smaller electrodes was concentrated 

around the electrode corners and between the electrodes, while electric field of 5 μm electrodes 
could reach further into the fluids.  ACET effect on fluid, as a body force, needs some distance 

away from solid phase to effectively generate convection [52]. Otherwise, the friction from the 

solid surface will be overwhelming (no slip boundary condition). Consequently, 5 μm electrodes 

was able to generate much stronger ACET convections than 2 μm electrodes, which in turn 
provided a much larger binding response.   

b) Small molecule detection 

Next, detection of small molecules was conducted to further demonstrate ACET enrichment, 

as the relative importance of DEP and ACET forces shifts in favor of ACET effect with smaller 

molecules.  BPA was used as a model for small molecule detection. BPA is reported as an 

Conditions 0-10 sec. 10-20 sec. 20-30 sec. 

2μm@86 mV/μm (1ng/mL) 0.40 -0.29 -0.82 

5μm@45 mV/μm (1ng/mL) -0.04 -0.67 -1.53 

5μm@86 mV/μm (1ng/mL) -1.13 -0.56 -0.66 

5μm@86 mV/μm (5ng/mL) -0.90 -1.42 -1.37 
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endocrine-disrupting chemical and detection of BPA level within the environment as well as 

human bodily fluids is of crucial importance [53, 54].  In recent studies, the LoD of BPA is 

reported to be 0.11 ng/mL by high performance liquid chromatography [55] and 3.1 ng/mL by 

ELISA [56]. Compared with IgG antibody which has a molecular weight of 150 kDa, the 

molecular weight of BPA is only 228 Da. As can be seen from Eqs.1 and 2, DEP force is 

dependent on the particle size while ACET effect is not. As a result, DEP enrichment will be 

much weaker for BPA than for IgG.  So the use of ACET effect will be more important to small 

molecule detection. Both SAW and 5μm electrodes were used for comparison. To contrast the 

effect of electrode characteristic length, the applied electric field strength is 212 mV/μm on SAW 
electrodes and 45 mV/μm on 5μm electrodes. 

   
  (a)                                                                                  (b) 

Figure.6 BPA detection responses from (a) SAW electrodes and (b) 5μm electrodes. Each curve 
is real time change of normalized interfacial capacitance for different samples.   Buffer solution 

is 0.1x PBS on functionalized electrodes, non-specific tests are 1000 fM BPA on dummy 

electrodes; 1-1000 fM are BPA samples on functionalized electrodes. The capacitance change 

was tracked for 30 seconds. 

 

The results of BPA detection was shown in Fig. 6. In Fig. 6, the rate of decrease in 

capacitance steadily became larger with more concentrated samples on both electrodes. The 

responses exhibited a logarithmic dependence on BPA concentration ranging from 1 to 100 fM 

(i.e. 0.28-28 fg/mL) for both electrodes. Baseline responses were obtained from measuring buffer 

solution, which were also around zero, 0.01 ± 0.02 %/min on 5μm electrodes and 0.16 ± 

0.15 %/min on SAW electrodes, showing no appreciable binding. For non-specific binding of 

100 fM BPA on dummy sensors, the curve went down slightly, indicating low level of non-

specific binding (red line), with a slope comparable to 1fM specific binding.   
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For SAW electrodes, signs of BPA depletion could be seen, as the curves gradually 

became flatter after a few seconds of tests. The saturation became less obvious at higher BPA 

levels. For 5μm electrodes, there was little indication of saturation, since the capacitance went 

down almost linearly with time.  Even though much higher electric field strength was applied on 

SAW electrode, larger response was achieved with 5μm electrodes, clearly due to the strong 
effect of ACET convection.   

To reduce the effect of analyte depletion on SAW electrodes, the sensor response was 

calculated using the first 20 second data.  LOD was determined to be 10 fM (2.8 fg/mL) for 5μm 
electrode and 100 fM (28 fg/mL) for SAW electrodes. As shown in Figure.7, 5μm electrode 
produced a change rate of -0.50 ± 0.11 %/min for 10 fM BPA, which can easily be distinguished 

from the baseline. SAW electrodes yielded a change rate of -0.36 ± 0.07 %/min for 100 fM BPA. 

Similarly, 5μm electrodes were more sensitive than SAW electrodes. The detection sensitivity of 

BPA on 5μm electrodes is calculated to be −0.40 ± 0.08 %/log (fM), much higher than that on 

SAW electrodes, which is −0.09 ± 0.04 %/log (fM).  Responses from non-specific binding were 

minimal on both electrodes for all BPA concentrations tested. 100 fM BPA caused a change rate 

of -0.10 ± 0.02 %/min for 5μm electrodes, and 0.01 ± 0.11 %/min for SAW electrodes, showing 

good specificity.  Cross-reactivity of the BPA sensor was also tested against 1 pM and 10 pM 

BPS, a molecule structurally similar to BPA.  The response was determined to be non-reactive 

(please see the details and data in Supplementary Material section).  

 

Figure.7 BPA detection results on both electrodes. Buffer tests are 0.1x PBS on functionalized 

electrodes; non-specific tests are 1-100 fM BPA on dummy electrodes; specific tests use 1-100 

fM BPA samples on functionalized electrodes. Each data point was the average of three repeated 

tests and the error bar indicates standard deviation. 
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V. Conclusions 

Here we presented a low voltage ACEK capacitive affinity sensing platform capable of 

simple, rapid yet sensitive detection of specific molecules in biological samples.  As a follow up 

to our previous work, the effects of low voltage AC electric field on affinity binding were 

studied further with respect to different electrode geometries. For protein sensors, detection 

sensitivity and limit of detection were improved over our prior reports when larger electrodes 

with a characteristic length of 5μm were used. This was attributed to the stronger ability of larger 

electrodes to induce ACET microflows, hence higher sensor response. The benefits from ACET 

effect became more important for low abundance analyte since longer range of enrichment by 

ACET flows was needed, and for small molecule analyte since ACET enrichment was 

independent of analyte size.  In addition, the study found that a characteristic electric field 

strength of 45 mV/μm was close to be the optimal AC field for ACEK capacitive sensing,.  In 

this work, sensitive, quantitative detection was demonstrated for protein (bovine IgG) and small 

molecules (BPA).  LODs of 1 ng/mL IgG and 10 fM BPA were achieved, which were lower than 

most existing technologies. Overall, ACEK capacitive sensing method possesses great potential 

as becoming a real-world point-of-care diagnostics tool in the future. 
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