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Abstract

The improvements in our ability to sequence and genotype DNA have opened up numerous 

avenues in the understanding of human biology and medicine with various applications, especially 

in medical diagnostics. But the realization of a label free, real time, high-throughput and low cost 

biosensing platforms to detect molecular interactions with a high level of sensitivity has been yet 

stunted due to two factors: one, slow binding kinetics caused by the lack of probe molecules on the 

sensors and two, limited mass transport due to the planar structure (two-dimensional) of the 

current biosensors. Here we present a novel three-dimensional (3D), highly sensitive, real-time, 

inexpensive and label-free nanotip array as a rapid and direct platform to sequence-specific DNA 

screening. Our nanotip sensors are designed to have a nano sized thin film as their sensing area (~ 

20 nm), sandwiched between two sensing electrodes. The tip is then conjugated to a DNA 

oligonucleotide complementary to the sequence of interest, which is electrochemically detected in 

real-time via impedance changes upon the formation of a double-stranded helix at the sensor 

interface. This 3D configuration is specifically designed to improve the biomolecular hit rate and 

the detection speed. We demonstrate that our nanotip array effectively detects oligonucleotides in a 

sequence-specific and highly sensitive manner, yielding concentration-dependent impedance 

change measurements with a target concentration as low as 10 pM and discrimination against even 

a single mismatch. Notably, our nanotip sensors achieve this accurate, sensitive detection without 

relying on signal indicators or enhancing molecules like fluorophores. It can also easily be scaled 

for highly multiplxed detection with up to 5000 sensors/square centimeter, and integrated into 

microfluidic devices. The versatile, rapid, and sensitive performance of the nanotip array makes it 

an excellent candidate for point-of-care diagnostics, and high-throughput DNA analysis 

applications.
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1 Introduction

The improvements in our ability to sequence and genotype DNA have opened up numerous 

avenues in the understanding of human biology and medicine with various applications, 

especially in medical diagnostics. Single nucleotide polymorphisms, DNA sequence 

variations that occur every 50–100 base pairs when a single nucleotide in the genome differs 

between individuals of the same species or between paired chromosomes in an individual, 

can have significant effects on biological functions and have been associated with the 

development of several genetic diseases such as cystic fibrosis (Drumm et al. 2005) and 

Alzheimer’s disease (Roses and Allen 1996). An inexpensive, simple, rapid, and sensitive 

method for the detection of single nucleotide polymorphisms (single point mutations) would 

accelerate research and facilitate clinical applications of genotyping. Many techniques and 

DNA biosensor technologies have been developed with their own advantages and 

disadvantages, but for these techniques speed is difficult to achieve except at the expense of 

accuracy. Traditional genotyping techniques include Sanger sequencing, which requires a 

DNA polymerase enzyme to incorporate chain-terminating dideoxynucleotides during DNA 

replication (Sanger et al. 1977; Sanger 1978); automated chain-termination DNA sequencing 

machines, which utilize four fluorescent dyes to label nucleotides and are highly dependent 

on resolution and efficient collection of the emission signals (Metzker 2005; Ansorge et al. 

1987; Smith et al. 1986; Metzker et al. 1996; McBride et al. 1989); and pyrosequencing 

methods, which detects release of pyrophosphate during nucleotide incorporation rather than 

chain termination (Metzker et al. 1996; McBride et al. 1989; Ahmadian 2000; Huse 2007; 

Ronaghi 2001; Quince 2009a; Ronaghi et al. 1998; Adams et al. 1991; Ronaghi 1996). 

These techniques are expensive and largely rely on polymerase chain reaction (PCR) or 

comparable DNA amplification systems, which require additional time and reduce accuracy 

(Velculescu et al. 1995; Quince 2009b). In recent years, various DNA biosensor technologies 

are being developed using silicon electronic devices as an alternative to traditional methods, 

which are advantageous not only for their low cost, simplicity and sensitivity, but also for 

their amenability to miniaturization. Recent developments in nanotechnology have provided 

the necessary tools for the miniaturization of sensing and transducing platforms so that 

complicated electronic circuits can be integrated into a miniature device. Such inexpensive 

designs capable of accurately processing small sample volumes are necessary for point-of-

care applications. Several electrochemical genosensors have been reported that have 

nanomolar-range sensitivity, but all to date rely on labeling techniques (Kannan 2011; 

Hashemi Rafsanjani et al. 2010). Labeling is an expensive, time-consuming, and labor-

intensive procedure that introduces additional uncertain sources of error to the 

measurements (Esfandyarpour et al. 2013; Kricka 2002). Silicon Nanowires (SiNWs), one of 

the more sensitive and selective technologies for the detection of DNA hybridization, is 

quite limited in throughput (Park et al. 2002; Li et al. 2004; Li et al. 2005; Xie 2012; Cui et 

al. 2001; Zhang et al. 2008; Gao 2007). Electronic biosensors based on field-effect transistor 
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(FET) arrays suffer from the negative impact of the intrinsic drift characteristics of FET 

devices in electrolyte solutions on the performance of FET-based devices, and can only 

detect short DNA samples, which is not suitable for single nucleotide polymorphisms 

detection. In addition, the readout of binding events with this method is slow compared to 

the hybridization reaction [27–31]. Most of the other recent biosensors that allow electrical 

detection of DNA sequence with extreme sensitivity and excellent selectivity employ peptide 

nucleic acid (PNA) as the capture probe instead of DNA (Wang 1996; Zhang and Apella 

2010). The typical length limit of PNA is approximately 20, which considerably confines its 

applications in diagnostic platforms, especially for detecting long DNA sequences (Zhang 

and Apella 2010). Therefore, there remains a lack of rapid, inexpensive, high throughput, 

real-time, and label-free methods, which display sensitivity and at the same time require a 

simpler and less time consuming protocol. In this study, we developed a 3D electrical 

nanotip array for sequence-specific DNA screening that meets these criteria (Fig. 1a).

2 Materials and methods

2.1 Nanotip sensors advantages, configuration and fabrication

The key criteria assessment for biosensors is the minimum detectable concentration of bio-

species in an injected medium. This detection limit depends on several different factors such 

as sensitivity (the minimum number of similar binding events to occur to get a detectable 

signal, diffusion time of target molecules, flow rate, and sensor geometry. Designing nanotip 

sensors we improved this feature by designing the sensitive region of the sensor to be a 

thickness controllable thin film layer (~ 20 nm), sandwiched between two measuring 

electrodes. Only a few binding events in the nano-size sensing area of nanotip sensors are 

enough for impedance modulation and observation of a change in measured impedance 

across the sensing electrodes. We also designed our nanotip sensors to have a suspended 

three-dimensional (3D) geometry to assure that diffusion takes place in three dimensions in 

a channel. It results in a higher hit rate of target molecules to the probe molecule per sensor, 

and thus a faster detection platform, differing from current electrical biosensors that have 

planar (two-dimensional) structures. Another important design consideration of developed 

nanotip sensors is the array processing and multiplexing feature of this platform. Using 

highly developed standard optical lithography process; we successfully fabricated an array 

of nanotip sensors, with the sensor density of 2500 sensors/cm2, which makes it a suitable 

platform for high throughput genomics on a large scale.

The 3D nanotip sensors structure consists of four thin-film layers as shown in Fig. 1a. There 

are two conductive layers (100 nm) with an insulator layer sandwiched between them (20 

nm). There are additional oxide layers that act as protective layers above and below the 

sensors. The top oxide layer (30 nm) prevents the exposure of the conductive electrodes to 

the solution. Underneath the protective oxide layer (200 nm) is a thermally grown oxide, 

which is the thickest layer of nanotip sensors and insulates the bottom electrodes from the 

substrate. The nano-size middle oxide layer enables detection and is the key element to 

make these 3D devices highly sensitive. As explained above, any small change in the 

population of molecules at the surface of the nano-size tip results in a change in measured 

impedance across the sensing electrodes. We successfully fabricated an array of nanotip 
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sensors on a four-inch silicon wafer using the standard photolithography process followed 

by several depositions and etching steps (Fig. 1c). The fabrication process starts with 

thermally growing 200 nm of SiO2 in a high temperature atmospheric furnace on a silicon 

wafer (100) to insulate the substrate from the other layers. This furnace is made of pure 

quartz that allows for the introduction and mixing of gases (N2, Ar, O2 and H2) to easily 

grow silicon dioxide (SiO2) layers. The bottom 200 nm SiO2 layer with the crystal 

orientation of 100 at the temperature of 1100 °C was grown in about 2 h. Then the bottom 

conductive electrodes of the nanotip sensors were patterned through an optical lithography 

process followed by metal deposition and a lift off process. After pre-baking of the wafer on 

a hot plate at 200 °C for two hours, 10 drops of Hexamethyldisilizane (HMDS) were 

applied, on top of which MaP 1215 resist was applied. After performing near-UV 

photoresist exposure for 3 s, the exposed resist was developed in MaD 331 for 35 s followed 

by immediately rinsing in water. The patterned wafer then was transferred to an evaporation 

system to deposit 3 nm of Cr as an adhesive layer, and 100 nm of gold as the bottom 

conductive electrodes. After the lift off process in acetone for 30 min and rinsing in water, 

20 nm of silicon dioxide (nano size sensitive region) was deposited using a plasma-assisted 

atomic layer deposition (ALD) technique. This sensitive middle oxide nanolayer was 

deposited as a high quality, conformal, uniform, pinhole and particle free oxide film using 

BTBAS as the precursor and Argon (Ar) as the purging gas, while the deposition 

temperature was 300 °C. The fabrication process was followed by deposition of the top 

conductive electrodes following the same procedure as the bottom conductive electrodes. 

The protective oxide layer was then deposited using a low temperature (350 °C) plasma-

enhanced chemical vapor deposition (PECVD) system, followed by several etching and 

optical lithography steps to form the channels underneath the fabricated nanotip sensors. 

After removing the oxide layer from the measuring pads through a wet etching process 

(using 6:1 Buffered Oxide Etch) and exposing the bonding pads for wire binding, sharp 

edges of the nanotip sensors in the channel were formed through a physical etching 

mechanism, focused ion beam (FIB). Finally a microfluidic PDMS channel was thermally 

bonded on top of the fabricated array (Fig. 1b) to enable sensing experiments using 

microfluidic flow.

2.2 Materials

Probe DNA, 45 base pairs long, with biotinylated modification at 5′ end and sequence of 5′ – 

ACACCTGCACTACCACACTCCCTCACACTGACAAATGATCACCCC-3′, and the target 

DNA complementary to the probe DNA and with a sequence of 5′ - 

AGGTGTGGGGTGATCATTTGTCAGTGTGAGGGAGTGTGGTAGTGC-3′, were both 

purchased from Life Technologies. We also used non-target DNA with a single mismatch at 

the 27th position, with a sequence of 

“AGGTGTGGGGTGATCATTTGTCAGTGCGAGGGAGTGTGGTAGTGC” and non-

complimentary DNA with a biotinylated label at the 5′ end and a sequence of 

“CTTGTGTTTTGTCGACGGGTGACTCACACTTTCTGTGTTGCTGTA”. Streptavidin 

(S4762), Bovine Serum Albumin (A9418), and Biotin Labeled Bovine Albumin (A8549) 

used for these experiments were purchased from Sigma-Aldrich. 10X PBS buffer stock was 

used for solution preparation.
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2.3 Surface modification for primary amines

Biotinylated Bovine Serum Albumin (BBSA) with a concentration of 1 mg/ml diluted in 1X 

PBS was injected into the channel to physically be immobilized on the sensor tip. After 

waiting for 30 min to ensure maximal coverage and immobilized of BBSA molecules on the 

sensor tip, 20 μl of 1 mg/ml streptavidin was incubated in the channel for 20 min in order to 

bind the biotinylated BSA. Next, 20 μl of probe DNA sequence (45 base pairs long), which 

is biotinylated at the 5′ end, with a concentration of 10 μM was incubated in the channel to 

be captured by the streptavidin molecules immobilized on the sensors’ tip. 20 min 

incubation time was necessary to produce optimal immobilization results. Finally, 20 μl of 1 

mg/ml Bovine Serum Albumin (BSA) was injected into the microfluidic channel and 

incubated for 10 min to prevent any nonspecific binding (Fig. 2). These primary DNA-

functionalized nanotip sensors were used for further experiments.

2.4 Electrochemical impedance spectroscopy detection

In order to perform Electrochemical Impedance Spectroscopy (EIS) using the nanotip 

sensors, a Versa STAT3 potentiostat (Princeton Instruments, Princeton, New Jersey) was 

used. A sinusoidal voltage signal was applied to the top electrodes and the current entering 

the bottom electrode was measured and used to calculate the modulated impedance. 

According to our experiments, the optimal frequency at which maximum change in 

measured impedance occurs due to biomolecular binding is between 1 and 100 kHz. Thus 

we chose 15 kHz as the operating frequency (250 mV RMS AC signal) for all measurements 

with the sampling rate of one sample every 4 s. All measurements were performed at room 

temperature (23 °C). Used microfluidic channels dimensions were 300 μm-wide and 80 μm-

height, which were made of poly (dimethylsiloxane) (PDMS) patterned by pre-made SU8 

mold and thermally bound onto the sensors and fixed on a wafer for further experiments.

3 Results and discussion

3.1 Label-free detection of specific single-stranded DNA molecules and single point 
mutations

In order to demonstrate the utility of developed nanotip sensors for label free and real time 

detection of specific single-stranded DNA molecules (45 base pairs) and single point 

mutations (at 27th position), EIS and impedance spectrum monitoring were performed. EIS 

is very sensitive to changes in interfacial impedance upon bio-recognition events occurring 

at the surface-electrolyte interface. For all the experiments, before running the 

measurements, the microfluidic channel was washed with a wash buffer for 30 min with the 

flow rate of 5 μl/min to wash off all primary DNA molecules not captured by the 

functionalized BBSA-Streptavidin layer at the sensor tip. The impedance level of each 

primary amine-coated sensor was measured in real time while the wash buffer was in the 

microfluidic channel. Afterward, the test sample containing the complementary single-

stranded target DNA was injected into the channel and incubated for 30 min. This was 

enough time for the target DNA to hybridize to immobilized probe oligonucleotides on the 

sensor tip and form a double helix. Nonspecific binding of species gently washed away 

using wash buffer and the impedance level was measured. As shown in Fig. 3, real time 

measured impedance, a clear change in impedance after hybridization of the complementary 
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single stranded target DNA to the probes DNA was observed. As explained in detail in the 

modeling section, the change in measured impedance was due to the formation of the 

double-stranded helix at the sensor interface, which results in a change in relative dielectric 

permittivity at the sensitive region of nanotip sensors. Consequently, relative dielectric 

permittivity change results an increase in capacitance and thus a decrease in measured 

impedance. Frequency spectra of the nanotip sensors, Bode plots, before and after formation 

of double helix of DNA molecules (hybridization event) are also shown in Fig. 5c. These 

spectra demonstrate the ability of the nanotip sensors to measure impedance differences 

across a range of frequencies from 1 to 25KHz.

3.2 Model study

To fully understand the nanotip sensors’ behavior and the mechanisms affecting the 

measured results, we modeled and characterized the interface of the nanotip sensors with the 

electrolyte as well as the circuit model of the sensor. According to the full-developed circuit 

model of the nanotip sensors, shown in Fig. 5b, there are several parasitic impedance 

components at the sensor interface. Parasitic components containing fringing capacitance 

(Cf), parasitic resistance across the double layer at the interface of nanotip sensors between 

the electrodes (Rf), double layer capacitance on each conductive electrode surface (Cdl), 

parasitic tunneling resistance or the electron transfer resistance from the electrodes into the 

bulk solution (Rt) and the bulk resistance of the electrolyte (Rs). In order to understand the 

sensor behavior we need to understand the physics of each parasitic component at the 

nanotip sensors interface and the formation mechanisms behind them. We begin with the 

double layer capacitance (Cdl), resulting from accumulation of ions, which consists of two 

nanolayers. One layer is an adsorbed fixed layer of the ions, called the stern layer, which is a 

concentration-independent layer and estimated to be roughly 1 nm from the sensor surface. 

The second nanolayer, called the diffuse layer, is another ion-accumulating layer to satisfy 

the condition of charge neutrality and neutralize the charge in the stern layer. The double 

layer capacitance is the result of both of the above layers that can be represented by two 

capacitors in series, Cad and Cdiff.

One of these two capacitances is normally dominant depending on the medium’s salt 

concentration. Considering the salt concentration of the buffer used in our study, we estimate 

the diffuse layer thickness to be about 10 nm (Zhang and Apella 2010) and the double layer 

capacitance is dominated by stern layer capacitance. Knowing this, we can estimate the 

impedance value of the double layer capacitance at 15kHz, which will be ~1 GΩ.

where z is the ion valence number, A is a constant, e the charge of an electron equal to 1.6 × 

10−19, NA is Avogadro’s number, Ci is the concentration of the ionic solution (mol/l), εε0 is 
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the absolute dielectric constant of the sample, T is the absolute temperature, and k is the 

Boltzmann constant.

Another parasitic impedance component, as shown in Fig. 5b, is the faradaic resistance or 

the electron transfer resistance (Rt), which is in parallel with the double layer capacitance. 

Electron transfer resistance results from tunneling of electrons from the conductive 

electrodes into the bulk electrolyte and to and through the DNA molecules. The last 

remaining parasitic component of the circuit model is the bulk solution resistance (Rs). As 

shown in Fig. 5b, it is in series with the above two components and results from the 

resistivity of the electrolyte.

We can determine the percentage contribution of each component and its effect on the 

measured impedance results at 15 KHz, by finding their value at this frequency and possibly 

simplify our circuit model. Starting with the top branch of the circuit model and considering 

the fact that both Rt and Rs are frequency-independent, and by looking at the total measured 

impedance at 1Hz, equal to 0.5 GΩ, we can estimate that Rf in series with Rb can be no less 

than 0.5 GΩ across the whole frequency spectrum. At the beginning of this section, we also 

estimated that the value of double layer capacitance at 15 kHz is about ~1 GΩ. This means 

that the equivalent impedance of Cdl and Rt in parallel with each other and in series with Rs 

must also be greater than 0.5 GΩ. Comparing this value to the total measured impedance of 

the sensors at 15kHz, which is 3.6 MΩ, we are able to assume that the top branch, containing 

Cdl, Rt, and Rs, is essentially an open circuit at this frequency and only two parallel 

components of Cf and Rf are affecting imaginary and real components of measured 

impedance respectively. Assuming that, we are then able to categorize three main physical 

mechanisms affecting both out-of-phase (imaginary) and in-phase (real) parts of the 

measured impedance. The dominant phenomenon, which mainly affects imaginary 

components of the measured impedance, is an increase in relative dielectric permittivity 

(κεsol) of the solution at the nanotip sensors interface due to formation of the double-

stranded helix, which results in an increase in capacitance and thus a decrease in measured 

impedance.

where κεsol is the relative dielectric permittivity of the solution and K is a geometrical factor 

of the electrode structures.

AC coupling is the second dominant mechanism affecting change in both real and imaginary 

components of the measured impedance. The relative dielectric permittivity of the solution 

(κεsol) is explicitly affected by the DNA dipole moment (dependent upon both DNA length 

and charge) and concentration of the DNA molecules in the solution. The DNA counter ions, 

free as well as condensed, contribute to the oscillating polarization in the applied electric 

field and thus determine the dielectric response of the DNA solution. In the presence of an 

AC field, polarization is inducing and a flow of net charge resulting from the DNA counter 

ions occurs. There are mobile charges in and around the DNA molecules forming a shield of 

ions around the backbone; which results in the formation of a dipole in the DNA when we 
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electrically probed in solution (Esfandyarpour et al. 2013). The third and least significant 

cause of the impedance change, mainly the real component, is the modulation of the faradaic 

or tunneling current across the nanotip sensors’ conductive electrodes due to the formation 

of the double-stranded helix at the sensor interface, which creates new paths for electrons to 

tunnel and pass through the DNA molecules, and affects on out-of-phase response of the 

sensors.

3.3 Control experiments

In order to demonstrate the sensitivity and specificity of our nanotip sensors, detection of 

single point mutations, and the accuracy of observed impedance change, three sets of control 

experiments were performed as follows.

3.3.1 Electrical control experiments—Two electrical control experiments were 

performed using non-complementary and single-base mismatched single stranded DNA 

molecules, with the concentration of 10 μM. As shown in Fig. 3e, when the complementary 

single-stranded target DNA was replaced by single stranded non-complementary DNA, 

negligible impedance change (~ 1 %) was observed. It indicates, as expected, no double-

stranded helix is formed between a pair of non-complementary sequences at the sensor 

interface and as a result a negligible impedance change is observed. To evaluate the selective 

detection of single point mutations, the mutated target oligonucleotides were designed with a 

single-base mismatch at 27th position. As shown in Fig. 3d, the hybridization occurring 

between the immobilized single stranded probe DNA and the single-base mismatched target 

DNA generated about ~9kohm change in measured impedance value. It represents a 

reduction of about 89 % with respect to the signal generated by complementary single 

stranded DNA molecules with the same concentration (10pM), thus showing a highly 

selective response of the nanotip sensors. The results suggest that nanotip sensors are 

applicable for detecting single base differences, allowing precise discrimination between 

fully complementary and mismatched sequences. These control experiments verify that the 

typical change in impedance is unique to the fully complementary target DNA, as indicated 

above (Tables 1 and 2).

3.3.2 Optical verification—To demonstrate the selectivity and the specificity of probe to 

target hybridization and single point mutation detection, we performed optical verification. 

For this study, fluorescently labeled complementary and single mismatch DNA, both at the 

concentration of 10 μM, were exposed to the nanotip sensors coated with the primary single-

stranded DNA molecules. After performing wash steps for both nanotip sensors, one treated 

with fluorescently labeled complimentary DNA and the other with fluorescently labeled 

single mismatch DNA, we examined the sensors using an epi-fluorescence microscope. As 

expected, strong fluorescent signals were obtained from the nanotip sensor treated with 

complementary target DNA, where the bright sensor tip is clearly visible in Fig. 4b. On the 

contrary, very weak fluorescent signals were obtained from the nanotip sensor treated with 

single mismatch DNA molecules, and the sensor tip is hardly visible in Fig. 4a. 

Fluorescence intensity analysis, shown in Fig. 4c and Table 3, shows an order of magnitude 

less fluorescence intensity level for the single mismatch DNA experiment compared to the 

complementary DNA, reflecting the expected difference in hybridization efficiency. These 
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results confirm the specificity of binding between the complimentary single stranded DNA 

molecules and single stranded probe DNA molecules as well as the nanotip sensor’s utility 

in detecting single point mutations.

3.4 Quantitative measurements and reproducibility

To investigate the detection limit and the capacity of the nanotip sensors for quantitative 

measurements, we tested their performance on different concentrations of complementary 

single stranded DNA ranging from 10 μM to 10pM. Each experiment was repeated at least 

three times. Through these results, we derived a calibration curve of the nanotip sensors 

displaying a concentration-dependent change in electrical impedance (Fig. 5a), As depicted 

in Fig. 5a and Fig. 3f, 10 μM complementary single-stranded DNA concentration results in 

an impedance change of about ~26 %, 10 nM results in ~14 % change, and 10pM in about 

~8 % change, while there was only a change of ~1 % for non-complementary single 

stranded DNA with the concentration of 10 μM.

4 Conclusion

Here we presented a novel nanotip sensor design and demonstrated its effectiveness and 

sensitivity at sequence-specific detection of DNA oligonucleotides. We observed during the 

design that the detection limit could be improved by using a thickness controllable thin film 

layer (~ 20 nm) as the sensing layer. We designed the nanotip sensors in 3D to improve the 

bio-species hit rate and speed of detection. Their amenability to an array design allows 

scalability up to hundreds of thousands sensors in a single device, enabling high-throughput 

genomics studies. Our current design is fabricated on a four-inch silicon wafer, with a 

density of 5000 sensors/cm2. The array is fabricated through well-established 

photolithography processes coupled with a focused ion beam etching process, which makes 

it a high throughput platform well suited to mass production. The results we present here 

demonstrate the utility of our impedance-based nanotip sensors for rapid, inexpensive, high 

throughput, real-time, and label-free sequence specific detection of oligonucleotides, 

including precise discrimination against mismatched oligonucleotides. We also studied the 

concentration dependency of nanotip sensors, which indicated the utility of the sensors for 

detecting double-stranded helix formation in a target sample as low as 10 pM. Our novel 

design therefore offers an attractive, label-free, real-time alternative to the traditional geno-

sensor arrays. Since the sensor has a rigid nano–structure, further developments of this 

technology could ultimately be used for gene expression measurements within a single 

living cell. We anticipate that our nanotip sensors can be leveraged to develop a novel class 

of electronic DNA nanobiosensors that could greatly improve the feasibility of clinical 

genetic diagnostics.
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Fig. 1. 
a Schematic of a single nanotip sensor three-dimensional (not to scale) b Optical micrograph 

of nanotip sensors compare to a US penny size c Optical micrograph of nanotip sensors d 
Top view optical micrograph of two nanotip sensors in a microfluidic channel e SEM image 

of a single nanotip sensor, where 1 and 3 are conductive layers and 2 is the middle oxide 

sensitive layer
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Fig. 2. 
Schematic illustration of surface modification processes, showing probes DNA 

immobilization and probe-target DNA hybridization on nanotip sensors surface
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Fig. 3. 
Measured nanotip sensors’ impedance change for variety of target complementary single 

stranded DNA concentrations a 10pM, b 10 nM, c 10 μM and for d 10 μM single-base 

mismatched DNA (control) e 10 μM non-complementary DNA (control). f) Comparison of 

measured impedance difference at 15 KHz for various concentrations of sequence specific 

complementary, non-complementary and single-base mismatched DNA
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Fig. 4. 
a Fluorescent images of nanotip sensor treated with 10 μM fluorescently labeled one-

mismatch DNA b Fluorescent images of nanotip sensor treated with 10 μM fluorescently 

labeled complementary DNA, both after wash. c Comparison of the fluorescence intensity 

signals for single-mismatch and complimentary DNA
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Fig. 5. 
a Experimentally obtained calibration curve of nanotip sensors for target oligonucleotide at 

room temperature (23 °C) b Circuit model at the interface of a nanotip sensor with the 

electrolyte showing existing parasitic components such as fringing capacitance (Cf), 

resistance across the double layer at the sensor tip between the electrodes (Rf), double layer 

capacitance on each electrode surface (Cdl), electron transfer parasitic resistance from the 

electrodes into the bulk solution (Rt) and the bulk resistance of the electrolyte (Rs) c 
Impedance spectra of functionalized nanotip sensors before and after complementary DNA 

hybridization
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Table 1

List of the oligonucleotides used in impedance detections. The target DNA is complementary to the probe 

DNA. One-mismatch DNA has one base mismatch at the 27th position (bold letter in the table) starting from 

5′ end. The non-complementary DNA has mismatch bases at all positions

Name Sequence Length (ss)

Probe DNA 5′-Biotin-ACACCTGCACTACCACACTCCCTCACACTGACAAATGATCACCCC-3′ 45

Target DNA 5′-AGGTGTGGGGTGATCATTTGTCAGTGTGAGGGAGTGTGGTAGTGC-3′ 45

One-mismatch DNA 5′-AGGTGTGGGGTGATCATTTGTCAGTGCGAGGGAGTGTGGTAGTGC-3′ 45

Non-complementary DNA 5′-CTTGTGTTTTGTCGACGGGTGACTCACACTTTCTGTGTTGCTGTA-3′ 45
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Table 2

ΔZ comparison of the total, real and imaginary components of measured impedance levels, for non-

complementary, single-mismatch, and complementary target DNA samples. The average value of the signals 

was used to calculate the change values

Δ |Z| (ohms) Δ Zre (ohms) Δ Zim (ohms) Percentage of Change (%)

Non-complementary DNA (10 μM) 7997 16,941 9252 ~1

Single-mismatch DNA (10 μM) 9309 3979 9721 ~1

10 pM Target DNA 80,674 35,885 92,947 ~8

10 nM Target DNA 111,670 97,797 112,400 ~14

10 μM Target DNA 174,600 135,260 177,730 ~26
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Table 3

Fluorescence intensity level analysis for complimentary and single control mismatch experiments, which 

quantified surface absorptions of complimentary and single-mismatch DNA samples on the sensors. 

Quantifications were performed using ImageJ on the regions of both sensor and background. The corrected 

total sensor fluorescence (CTSF) was calculated (CTSF = Integrated Density of Sensor Area – Area of 

Selected Sensor × Mean Fluorescence of Background)

Area Mean Fluorescence Integrated Density CTSF

Single-mismatch DNA 23,947 14.534 348,037 177,582

Single-mismatch background 380 7.118 2705 –

Target DNA 21,608 135.952 2,937,654 1,855,698

Target background 349 50.072 17,475 –
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