
 

 

 

Abstract— A bio-sensing scheme, which acquires 
impedance information of a capacitive biosensor by 
using the reflected RF signal from a surface acoustic 
wave (SAW) resonator connected to the biosensor, is 
proposed. This technique requires no power to be 
supplied to the biosensor node and hence is highly 
applicable to wearable applications. Theoretical 
analysis has demonstrated that the sensitivity of the 
SAW resonator-coupled biosensor is higher than that 
of traditional impedance loaded SAW sensors and 
therefore it is more suitable for measuring the very 
small impedance changes in biosensors. The passive detection of the change in the impedance of a capacitive 
biosensor, as a result of biological binding events associated with the capture of a target analyte, has been 
demonstrated by preliminary experimentation. Dry tests of the SAW coupled capacitive biosensor using a cable 
connected network analyzer showed the aF level capacitance measurement resolution, which was only achieved in 
transistor level circuits previously, could be attained. When liquid samples with concentrations of C-Reactive Protein 

(CRP) in the range of 0.1 to 2 g/ml were applied to the biosensor, a corresponding change in the resonant frequency 
of the SAW resonator-coupled biosensor (in the order of sub-hundred  kHz) was observed. This has demonstrated the 
potential for applying this technique in applications where a zero-power requirement at the biosensor node could be a 
distinct advantage, when the cable link between the network analyzer and the biosensor node is replaced by the RF 
transmission.      

 

Index Terms— biosensor, impedance, wearable device, passive sensing, zero-power communication, surface 
acoustic wave (SAW), resonator 

 

 

I.  INTRODUCTION 

Wearable sensors and biosensors give information about the 

physiology and biochemical status of a person in real-time as 
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the person interacts with their environment. This may be a 

person bedbound in a hospital or a sports person engaged in a 

physical activity. Wearable sensors measure physical and 

physiological parameters, such as temperature, heart rate, 

respiration, gait and biochemical changes, plus they can give 

environmental information, for example global position and 

speed through GPS interfaces. Many of these systems have 

been integrated in wearable devices, such as smart-watches. 

The measurement of biochemical parameters, such as glucose, 

lactate and hormones require a biosensor where an active 

biological layer on the sensor surface interacts with the target 

analyte. These wearable biosensors have been incorporated 

into contact lenses, gum-shields, spectacles, and fabricated 

into a patch worn on the skin for the measurement of 

compounds in sweat such as glucose, lactate and cortisol [1]. 

The advent of advanced materials that can be adapted for 

flexible electronics [2] has facilitated the development of a 

diverse range of biosensor technologies that are in contact 

with the skin, such as a “smart tattoo” [3] and sensors can be 

integrated with micro-needles that collect interstitial fluid just 

under the skin [4]. Many of these biosensors use 

electrochemical or impedimetric measurements depending on 

the analyte.   
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To measure impedance of a biosensor, an electrical source 

signal (e.g. a constant current) is injected and then the output 

voltage across the biosensor is recorded. Since the output 

voltage of a biosensor is composed of both real and imaginary 

components, a data demodulation process (commonly 

implemented by a digital signal processing (DSP) algorithm 

[5]) is necessary. The power consumption of a commercially 

available low-power solution of the system-on-chip (SoC) 

impedance converter of AD5933 [6] from Analog Devices is 

more than 30 mW when working at up to 100 kHz. More 

power is accordingly required when bioimpedance of a 

biosensor is measured at a higher frequency (e.g. up to 50 

MHz [7]). Therefore power consumption of impedance 

measurement is an obstacle for biosensor’s wearable 

applications where a battery is commonly employed as the 

power supply.  

Energy harvesting and wireless power transfer provide 

potential ways of powering wearable biosensors. However, for 

most indoor applications the harvested power from a wearable 

indoor energy harvester (e.g. a commercially available credit 

card size photovoltaic energy harvester) is too weak for 

powering tens mW impedance measurement applications [8], 

while the most efficient wireless power transfer reported (40% 

efficiency and 4 times distance of coil diameter without 

requiring the clear line-of-sight [9]) using magnetic resonant 

coupling can only provide μW when size of the coil is 

reasonable to wear. Furthermore, the desired wireless 

communication link, such as minimum current requirement of 

6 mA in Bluetooth Low Energy (BLE), requires extra power 

in mW, making the case of powering a wearable biosensor 

even worse. Fortunately, passive communication using radio 

frequency identification (RFID) provides a limited distance 

(tens of cm) zero-power wireless link [10, 11] under  restricted 

coil alignment, but even after adopting RFID technology for 

communication the power consumption issue of impedance 

measurement of a biosensor for wearable applications 

remains. 

Surface acoustic wave (SAW)-biosensors [12], which combine 

a SAW device with a microfluidic component, and which 

includes an extra biosensing layer on top of piezoelectric 

material of the SAW for binding specifically to the analyte, 

have been reported [13, 14]. These sensors can be interrogated 

remotely without a power supply required on the sensor side. 

These kind of SAW biosensors have been reported to have 

high sensitivity and fast response time, suitable for point of 

care applications. However, there are challenges associated 

with ensuring efficient electrochemical coupling between the 

SAW device and the biosensor surface, calling for a 

calibration-less method, which is convenient to use and most 

importantly suitable for mass production.  

In contrast, the impedance loaded SAW sensor [15, 16] has 

been successfully commercialized, such as for remote, passive 

tyre pressure measurements. The recent report on using an 

implanted SAW resonator for remote measurement of blood 

pressure of post-surgery cardiac patients [17] inspire us to 

explore the feasibility of using a SAW linked biosensor to 

solve the high power consumption issue of impedance 

measurements through directly sensing (rather than 

measuring) the impedance of a biosensor with zero-power 

consumption. This zero-power solution also comes with the 

potential benefits of using commercially-available mass 

produced SAW components.   

This paper investigates the feasibility of a novel surface 

acoustic wave (SAW) resonator-coupled biosensor for zero-

power wearable applications. The transmission methodology 

is composed of two sensing steps as shown in Fig. 1. In the 

first step, an industrial science and medical (ISM) band radio 

frequency (RF) signal is sent to the SAW linked biosensor 

(zero-power sensor side). In the second step, impedance 

information of the biosensor coupled to the SAW will then be 

acquired from the SAW via the reflected RF. The paper is 

organized as follow: Section II analyses the sensitivity and 

signal to noise ratio (SNR) of the impedance loaded dual port 

SAW and the single port SAW resonator coupled 

impedimetric biosensor to determine the optimum technical 

approach for remote impedance sensing for zero-power 

wearable application of biosensors. Section III describes the 

bioimpedance sensing experiments. The ZnO nanoparticle 

biosensor preparation and its characterization have been 

reported. The biosensor was adapted to detect C-reactive 

protein (CRP) in a concentration range of 0.1 to 2 ng/ml. CRP 

was selected as a model analyte to illustrate the principle of 

the remote sensing technique. The rest of the session provides 

the sensing experiments when the biosensor is connected to a 

SAW resonator. Measurements of the SAW’s resonant 

frequency shift, to validate remote zero-power SAW 

impedimetric biosensing method of biosensors, when the 

concentration of CRP is varied, are described. Section VI 

concludes the paper. 

 
Fig. 1.  Proposed remote bioimpedance sensing for zero-power wearable 

application of biosensors  

II. PASSIVELY SENSING BIOIMPEDANCE OF BIOSENSORS 

The impedance of a biosensor can be measured in either non-

Faradaic or Faradic mode.  Using a non-Faradaic biosensor, 

the impedance measurement is made without the need of a 

reference electrode and a supporting electrolyte (which are 

required in the Faradaic mode) and is suited to 

miniaturization.  The addition of a biological sensing layer on 

or above the electrodes can be used in a non-Faradaic system 

to measure an impedance spectrum and identify changes in 

impedance at certain frequencies that are due to interactions 

on the biosensor surface with target molecules present in the 

fluid sample.  The impedance spectra are presented as a 

Nyquist chart or as amplitude and phase curves of the 

impedance [18, 19]. A cluster of curves can be obtained when 

the concentration of the target molecule in solution is changed.   



 

 

The impedance change of a biosensor is mainly caused by the 

change in the number of biological interactions, or binding 

events, where concentration dependent numbers of target 

molecules or cells are captured on the biosensor surface.  In 

some instances, impedance changes are seen when a single 

cell, such as a bacterium, is captured on the biosensor surface. 

Small changes in the number of binding events can result in 

small changes of both resistance and capacitance (such as fF 

change in capacitance for a single cell binding [20]) which 

require more accurate measurements. Fortunately, unlike a 

resistor which has a constant impedance at different 

frequencies, the impedance of a capacitor is frequency 

dependent.  So a well-chosen working frequency, specific to 

the targeted capacitance range, could ensure that the 

magnitude of impedance is well fitted into the dynamic range 

of the measurement circuits to achieve a better measurement 

accuracy. Measurement frequency in biosensing applications 

have been reported in tens~hundreds MHz for IC based 

biosensors [7, 20, 21], where two measurement electrodes are 

placed underneath an insulation layer to measure capacitance 

of a biosensor, since the dielectric constant of the solution 

changes with the total numbers of binding events on the sensor 

[20]. This contactless impedance measurement of a biosensor 

has also been reported as capacitive biosensors [22, 23].  

The schematic of the capacitive biosensor is shown in Fig. 2, 

where measured capacitance comprises three types of series 

capacitors including the fixed dielectric constant insulation 

capacitance Cin, the double layer capacitance Cdl formed at the 

contact surface between the sensor surface and solution, and 

the variable Csol which reflects the variation of the numbers of 

biological binding events through the change of solution 

dielectric constant. The reported value of Cin and Cdl are in μF 

and Csol is in fF ~pF and Rsol is in MΩ [18, 20]. Therefore at 

high frequency the impedance of a biosensor is dominated by 

the tiny capacitor of Csol whose capacitance range of fF ~pF is 

feasible to be loaded to a SAW working at hundreds MHz for 

the purposed of bioimpedance sensing. 
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Fig. 2. Schematic of the biosensor. The green symbol represents the 

bioreceptor and red one represents the target in the sample droplet. The 

effective bindings of 1, 2 and 3 (red + green) will change the dielectric 

constant of the solution. At a higher frequency (e.g. hundreds MHz) the 

dominant impedance component will be the Csol.    

A. Sensing Impedance Through a Impedance Loaded 
SAW  

SAW devices use piezoelectric materials (such as 

quartz, lithium niobate, lithium tantalate, lanthanum gallium 

silicates) to convert acoustic waves to electrical signals and 

vice versa through one or more inter-digital-transducers 

(IDTs) [24]. A schematic of an impedance loaded SAW 

device [25, 26, 27] is shown in Fig. 3, where the SAW is 

configured as a delay-line. In the impedance loaded SAW 

device’s sensing applications, IDT1 is used to connect to an 

antenna for communication and while the IDT2 is used to 

connect to the impedance load. 

IDT1 IDT2

R

C

External loaded 
impedance

RF request

RF response

Acoustic signal 

SAW

 

Fig. 3. Schematic layout for passive detection of impedance load 

  

Fig. 4. Equivalent electrical circuit of the impedance loaded SAW sensor  

When considering the above dual port SAW as a RF black box 

(e.g. employed as a RF filter or a RF delay line), Fig. 3 can be 

simplified as Fig. 4, where an impedance load is applied to the 

output of the SAW which has an electrical output impedance 

of Z0. Due to the impedance mismatch, RF reflection happens 

and the reflection coefficient parameter Γ (0 < Γ ≤ 1) can be 

expressed as,  

 

Therefore the RF response signal which is the reflected RF 

request signal modulated by IDT2 connected impedance load, 

conveys information of loaded impedance.   

The sensitivity of the reflection can be expressed as 

 

 

Therefore the reflection sensitivity is inversely proportional to 

Zload and the maximum sensitivity occurs when Zload = Z0. 

However at high sensitive region of Zload ≈ Z0, the reflection 

coefficient Γ is almost zero (refer to (1)) indicating that the 

reflected signal is very weak at a high sensitivity. This weak 

signal arises a signal to noise ratio (SNR) issue in the 

measurement process. To get a measureable reflection signal, 

Zload value should be not too close to Z0. Assume Zload > Z0, 

the sensitivity of dΓ/dZload in (2) becomes 

 

In commercially available SAW devices, Z0 is normally 

designed as 50 Ω, so the best sensitivity of the impedance 

loaded SAW device is 1% which happens when Γ ≈ 0. 

Therefore an impedance loaded SAW device which has been 

widely used for sensing resistive, capacitive and inductive 

impedance loads is not suitable for high sensitivity 

https://en.wikipedia.org/wiki/Quartz
https://en.wikipedia.org/wiki/Lithium_niobate
https://en.wikipedia.org/wiki/Lithium_tantalate


 

 

measurements of biosensors (e.g. measuring impedance 

changes associated with binding of antibodies to specific 

antigens, ranging from molecules to cells [17, 18]).     

B. Bioimpedance sensing using a SAW resonator  

Unlike a resistive impedance load, the fF-pF level changes in 

capacitance of an impedimetric biosensor might be passively 

measured if a biosensor is connected to a SAW resonator for 

frequency pulling. When a SAW resonator is connected to the 

biosensor, as shown in Fig. 5, the resonant frequency of this 

SAW will be shifted. This shifted resonant frequency can be 

sensed more accurately than sensing the reflection coefficient 

in the impedance loaded SAW device.   
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Fig. 5. Proposed biosensor coupled SAW resonator for passive bioimpedance 

sensing of a biosensor 

The typical electrical model of the SAW resonator [28] is 

shown in Fig. 6, which is composed of motional capacitor C1 

in series with a motional inductor L1 together in parallel with a 

static capacitor C0. The acoustic loss is represented by a series 

resistor R1 connected to the other two motional elements (L1, 

C1). The impedance Z and admittance Y of the SAW and the 

series resonant frequencies (ωr) and the anti-resonant 

frequency (parallel resonant frequency ωa) are expressed as,  

 

and the admittance Y= 1/Z.  

L1

R1 C1
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Fig. 6 Electrical equivalent model of a SAW resonator.  

According to (4), the parallel loaded connection will not affect 

the resonant frequency, Fr. The resonant property and resonant 

frequency shift of the SAW resonator associated with the 

serially connected biosensor are shown in Fig.7. The increase 

in resonant frequency can be simply considered as the C1 and 

Cload in series to give an effective C1’ to determine the new 

resonant frequency. In this case, the IDT converted signal 

amplitude is denoted as A(f) and resonant frequency is 

denoted as Fr. When the peak area of the resonant curve is 

approximated as a triangle,  the simplified conversion function 

of SAW resonant can be expressed as, 
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Fig. 7. Resonant property and resonant frequency of the biosensor connected 

SAW showing resonant frequency shifts with the impedance load change in 

the biosensor 

where BW denotes the 3-dB bandwidth of resonant frequency, 

Q denotes the quality factor of the curve, fx denotes the 

frequency of the RF request signal chosen in resonant 

bandwidth, and A( . From (5) we have,  

 

The frequency detection sensitivity is expressed as  

 

where A(Fr) ≤ 1 due to the signal loss. Given that Q of a SAW 

resonator is around 104 and when Fr is at hundreds of MHz, the 

frequency sensitivity of the SAW coupled biosensor is of the 

order of 10-5. When a capacitor load can make 1 kHz resonant 

frequency shift (corresponding to 1/105 change of the resonant 

frequency of a SAW resonator working at 100 MHz), the 

measurement sensitivity for the biosensor will achieve 10-2 

which is the best sensitivity that the impedance loaded SAW 

device can achieve under a very weak (almost zero) reflected 

signal. The high sensitivity of the proposed method comes 

without SNR issues since the measurement signal is within the 

resonant bandwidth. Additionally, the resonant curve shown in 

Fig.7 enables the frequency scan to measure multiple points 

on the curve for detecting the resonant frequency, which is 

more noise tolerant than the impedance loaded SAW device 

where only one measurement point is available for a given 

impedance load. The only drawback is that a frequency scan is 

necessary for the proposed method since with a fixed 

frequency RF request signal, there is no guarantee that this 

frequency drops in the 3 dB bandwidth of the shifted resonant 

curve when the load capacitance of the biosensor changes.    



 

 

Based on the high sensitivity and higher SNR which is desired 

for further signal processing for impedance sensing (either 

using phase shift or frequency shift detection), the resonant 

SAW-coupled biosensor is the better choice for sensing 

impedance changes of a biosensor with varying concentrations 

of the target analyte. This is due to the fact that the 

corresponding changes of resistance and capacitance are 

extremely small and accordingly, a high SNR measurement 

system is required. The technical summary of the impedance 

loaded SAW sensor and SAW resonator connected biosensor 

is listed in Table I.  

Table I. Comparison of impedance loaded SAW and biosensor connected 

SAW resonator for biosensing 

 Impedance loaded SAW SAW resonator 

Numbers of IDTs 2 1 

Load connection way 
Sensitivity  

Parallel 
low 

Series 
high 

SNR low high 

III. EXPERIMENTS  

A. Biosensor preparation and validation  

The nano-composite impedimetric biosensors were fabricated 

using 0.15 g ZnO nanoparticles (99.9+%, 80–200 nm from US 

Research Nanomaterials Inc., Houston, TX, USA) added to 15 

ml double deionized water and 0.1 g CuO nanoparticles 

(99.5+%, width 10–30 nm, length: 200–800 nm, long fibrous 

shape from US Research Nanomaterials Inc.) added to 10 ml 

double deionized water.  The suspensions were stirred at room 

temperature for 1 hour.  From these suspensions a mixture of a 

volume ratio 2:1 ZnO/CuO was prepare which contained 33% 

CuO.  A 1.5 ml aliquot was ultra-sonicated for 7 periods of 20 

s, at 4 min intervals using an exponential microprobe 

(Soniprep 150) at 30 watts. 200 l of each suspension was 

dropped on to clean polyethylene terephthalate (PET) 

substrates (20 mm x 20 mm) separately to make ZnO/CuO 

nano-surfaces. These were dried in an oven at 65oC for 80 min 

and cooled to room temperature, then stored in a dry 

atmosphere with silica gel for up to 2 days [30]. The sensing 

area (10 mm x 4 mm) of each ZnO–CuO nano-surface on PET 

was defined by tape. Subsequently, 40 l (100 ng or 200 ng) 

of monoclonal mouse anti-human C-reactive protein (CRP) 

from HyTest Ltd. (Turku, Finland) was added to the surface. 

A tapping mode atomic force microscope (AFM) image of the 

ZnO surface with immobilised antibody shows multiple spikes 

on the surface is illustrated in Fig. 8. Each spike has an 

approximate height of 10 -15 nm which is consistent with the 

molecular dimensions of an antibody molecule. The biosensor 

was then dried in a desiccator with silica gel at 4oC for 18 h. 

The nano-surface biosensors were then aligned above a pair of 

D-shape electrodes to perform impedance measurements [31]. 

The reactivity of the anti-CRP was verified using a sandwich 

enzyme linked immunosorbent (ELISA) assay.  Briefly, the 

anti-CRP was immobilised on the bottom of a 96-well ELISA 

plate using 0.1 M carbonate buffer, pH 9.2. Following an 

overnight incubation, the wells were washed and then blocked 

with 1% bovine serum albumin in physiological phosphate 

buffered saline (assay buffer) for 1 hour.  The wells were once 

more washed before samples containing increasing 

concentrations of CRP were added to wells in the ELISA 

plate. The plate was incubated for 1 hour at room temperature 

and the washed 3 times with assay buffer before a second 

antibody with a covalently coupled enzyme label (horse radish 

peroxidase) was added for 1 hour.  The plates were washed 3 

times with assay buffer before an enzyme substrate was added 

to develop a colour. In this case TMB (3,3',5,5'-

tetramethylbenzidine) was used and after 10 minutes, 0.1 mM 

sulfuric acid was used to stop the reaction and produce a blue 

colour, the intensity of which was measured at 450 nm. Fig. 9 

shows the optical density at 450 nm of the ELISA plate wells 

with the different concentrations of CRP added. This clearly 

shows that as more CRP was added there was an increase in 

colour produced showing that the CRP was being captured by 

the antibody immobilised in the ELISA plate wells. The 

results show that the antibody added to the ELISA plate wells 

became saturated with the addition of 30 ng/ml CRP to the 

wells.  

Fig. 8.  AFM imaging of the biosensor showed antibody molecules embedded 

into ZnO surface 

 

Fig. 9.  The dose response of CRP in an ELISA to verify that the anti-CRP 

antibody captured CRP with the 95% confidence interval for the line of best 

fit. 

A further study was undertaken to demonstrate that antibody 

could be immobilised on the surface of the ZnO/CuO 

composite.  In this case 75 l enzyme labelled antibody (2.5 

ng/l) was dropped on to the biosensor surface and allowed to 

dry in a desiccator overnight.  Following a thorough wash to 

remove any unbound antibody, 3,3′,5,5′-tetramethylbenzidine 

(TMB) was added as the enzyme substrate to generate a 

coloured product. After 10 mins 0.1 mM sulfuric acid was 

added to stop the reaction and produce a blue colour, the 

intensity of which was read at 450 nm. For comparison the test 

was also performed on pure ZnO and CuO surfaces.  

The results shown in Fig.10 indicate that all the nano-surfaces 

were capable of capturing antibody on their surface, even 



 

 

using a simple drying technique.  The blanks (surface with no 

antibody) all gave results <0.06 OD units.  Although all the 

surface showed protein uptake, the ZnO/CuO surface used in 

this paper had a significantly greater protein uptake (18% 

more than ZnO and 13% more than CuO). The protein 

absorption on the nano-surfaces could be explained by the fact 

that ZnO and CuO will have a positive charge on their surface 

at the pH 7.4, the pH of the assay buffer, while proteins 

generally have a negative charge at this pH. 

 

Fig.10.  Bar chart of protein uptake on three nano -surfaces expressed by 

colour formation at 450 nm from a captured enzyme molecule. n=2. 

B. Measuring resonant frequency shifts induced by 
bioimpedance change of the biosensor  

To measure the developed biosensor, the electrodes shown in 

Fig.2 have been assembled as shown in the left of Fig.11, 

where two 7 by 7 mm metal pads have been placed in close 

proximity underneath a transparent plastic plate to form the 

electrodes of the biosensor. The SAW device (EPCOS R900, 

433.92 MHz, Q=12000) has been connected in series to the 

biosensor. An SMA connector is used to connect the SAW 

biosensor to the network analyzer of Anritsu MS46121B (1 

port USB VNA) to measure the S11 parameter, which is the 

ratio of the reflected signal power to the input power, to 

determine the resonant frequency of the biosensor-connected-

SAW. The wireless transmission has not been included in this 

paper, since the wireless connection is a well-established 

technology to replace the cable connections between the 

SAW-connected biosensor and the network analyzer. 

The commercially available smallest capacitor component is 

in pF level, which is relatively large to validate the SAW 

biosensor application, where capacitance change is in nF or 

even fF. Therefore to validate that the load capacitance change 

can be reflected by the resonant frequency change, the mutual 

capacitance of a touch sensor used in display [32] has been 

employed. The electrodes shown in the left of Fig.11 are 

treated as a capacitive touch sensor, whose capacitance 

changes when it is touched by a finger. The measured 

capacitance between two electrodes setting shown in the left 

of Fig.11 by the LCR meter of E4980A from Keysight is 

145.6fF without a finger touching and 69.7 fF when touched. 

So the resonant frequency shift produced by the fF level 

capacitance change can be measured. The measured reflection 

parameter of S11 shown in Fig.12 demonstrated an 11.368 

MHz resonant frequency shift (from the resonant frequency of 

655.737 MHz without touch). From the capacitance change 

and frequency shift data, the estimated measurement 

resolution of the SAW biosensor is 149.8 KHz change in the 

resonant frequency for each fF capacitance change, when 

simple assumption that the change is linear is applied. This 

demonstrates that the proposed method is very sensitive to 

measuring the tiny capacitance change of the biosensor. It is 

worth noting that the amplitude of the peak of the curve 

changes as the frequency shifts. Here we are focusing on the 

detection of the resonant frequency, so the amplitude change 

is not critical as long as the peak of the curve can be detected.  

 
Fig. 11 Experiment set-up for bioimpedance sensing of a biosensor. Left: 

SAW connected to electrodes. Right: a biosensor is placed on the top of the 

electrodes to measure frequency shift when the known concentration solution 

dropped on the surface of the biosensor changes 

Bio-impedance sensing experiments have been performed in 

which a set of concentrations (0.1, 0.25, 0.5, 1, 2 µg/ml) of the 

target protein, CRP, in solution are applied to the surface of 

the biosensor. Fig. 13 demonstrated a typical S11 parameter 

recorded from a biosensor, which clearly shows the resonant 

frequency change with concentration change of the solution. 

The frequency range shown in the figure has a 20 MHz span, 

so when the frequency range is selected as 640-660 MHz and 

the number of data points of the network analyzer is selected 

as 20,000, the measured data has a 1 KHz frequency 

resolution. The resonant frequency (in MHz) detected from the 

curves are: 650.293, 650.117, 650.009, 649.225, and 647.092 

corresponding to the concentration of 0.1, 0.25, 0.5, 1, 2 

µg/ml, respectively. This demonstrated that even when 

concertation changes from 0.1 to 0.25 µg/ml, there is a 

frequency change of 176 KHz, which can be easily detected 

by RF receiver circuits in the RF station [13]. 

        

Fig. 12. Parameter S11 measured from the network analyzer, demonstrates a 

149.8 KHz shift in the resonant frequency for per fF capacitance change by 

directly fingering touch the electrodes to change the capacitance. The inset 

showed the measured S11 of the original SAW without a capacitive load 



 

 

 
Fig. 13. Resonant frequency changes under different test conditions. It clearly 

showed that the resonant frequency changes with the concentration: the higher 

the concentration, the lower the resonant frequency 

The test results of the resonant frequencies of three replicate 

measurements from a biosensor are listed in Table II. It can be 

seen that the resonant frequency decreases with concentration 

in all cases, indicating after two times reuse, the biosensor is 

still functional. However, the frequency shifts are not 

proportional for all cases, hence it is recommended not to re-

use a biosensor for precise measurements. The data shown in 

the table also suggests that to have reliable measurement 

results, multiple readings for every test point are required, so 

an average value can be obtained to reduce the standard 

deviation of the observed value [33].  

Table II. Resonant frequency (f0: MHz) of a bisosensor when different 

concentration of CRP protein (µg/ml) is applied  

Concentration  0.1 0.25 0.5  1 2 

f0 for test1 650.934 650.469 650.293 649.661 648.918 

f0 for test 2 650.594 650.481 650.109 649.325 649.046 

f0 for test3 651.026 650.837 650.625 649.225 647.918 

The test results from 10 biosensors are shown in Fig. 14. It 

demonstrated the resonant frequency shifts with the applied 

analyte concentration. The averaged resonant frequencies of 

10 sensors are 650.9019, 650.7766, 650.5584, 649.8406, and 

649.0744 MHz corresponding to the concentration of 0.1, 

0.25, 0.5, 1, 2 µg/ml CRP, resulting in the resonant frequency 

shifts of -125.3 KHz for the concentration change from 0.1 to 

0.25 µg/ml, -218.3 KHz for the concentration change from 

0.25 to 0.5 µg/ml, -717.7 KHz for the concentration change 

from 0.5 to 1 µg/ml, and -766.3 KHz for the concentration 

change from 1 to 2 µg/ml. Although the relationship between 

the CRP concentration and resonant frequency is not exactly 

linear, the resolution showed in the curve (e.g. the minimum 

76 KHz resonant frequency change for per 0.1 µg/ml 

concentration change) clearly demonstrated that the proposed 

method is sensitive enough for sensing the impedance change 

of the biosensor in the relevant clinical range, in a zero-power 

way, where a passive SAW device is used as the RF reflector 

which carries the impedance information in the reflected RF 

signal.     

The fitted line of  where y denotes the 

resonate frequency in MHz and  denotes the CRP 

concentration in µg/ml, shown in the inset figure, 

demonstrates a statistical result of about 99 KHz frequency 

shift for 0.1 µg/ml concentration change. Based on the 146.5 

KHz maximum standard deviation (σ) shown in Fig.14, the 

limit of detection of the experiment is 0.6 µg/ml with a 

confident level higher than 95% when ±2σmax (586 KHz, 

corresponding to 0.59 µg/ml when using the slop of 0.9898 

MHz/(µg/ml)) is considered, while the resonant frequency at 

each test point in Fig.14 showed that a measurement 

resolution of 0.1 µg/ml has been achieved.  

     
Fig. 14. Resonant frequency changes for different CRP concentrations, 0.1. 

0.25, 0.5. 1, and 2 µg/ml, and (inset) linear fit to the data  

The 0.59 µg/ml measurement accuracy achieved in this 

method, when compared to the 149.8 KHz/fF frequency shift 

shown in Fig.12, results in a capacitance measurement 

accuracy of 586/149.8 = 3.9 fF with a resolution of 1000 

aF/149.8 = 6.7 aF since every 1KHz frequency change can be 

detected. Given that for most of the biosensing applications, 

the required capacitance resolution is in hundred nF [34], the 

aF level capacitance measurement resolution achieved by this 

method even matches the level of the CMOS based capacitive 

sensors [35, 36], demonstrating a very sensitive measurement 

method for capacitive biosensors. The performance 

comparison of this method to other reported ones are listed in 

Table III.  
Table III. Performance comparison 

 Measurement resolution Implementation 

Ref [34 ] 
Ref [23] 

nF (10-9) 
pF (10-12) 

Components 
Microfluidic chip 

Ref [20] 

Ref [37 ] 
This work 

450 aF (10-18) 

1 aF (10-18) 
6.7 aF (10-18) 

Transistors (CMOS) 

Transistors (CMOS) 
Components 

 

The proposed measurement also makes it possible to 

miniaturize biosensors for area-restricted applications or to 

reduce the fabrication cost since a small surface area with a 

smaller capacitance change can be detected by this new 

method. Similarly, it also implies that the system will be 

appropriate for detection of other analytes where the required 

lower limit of the measurement range is <1 ng/ml. 

C. Discussion 

Introducing a RF link to replace the communication cable 

between the SAW connected biosensor and the other test 

circuits to achieve the proposed full passive bioimpedance 

sensing should be straightforward, since remotely passive 

SAW applications has been widely reported [13, 16, 26, 38-

41]. However, when considering that there is about 4.75 dB 



 

 

peak attenuation introduced by the biosensor (-5.15 dB shown 

in the inset of Fig.12 when no-load is attached to the SAW and 

the minimum -0.4 dB shown in the Fig.13), the read distance 

which is composed of the communication from the reader to 

the SAW and then from the SAW to the reader can be a 

concern. The read distance R of a SAW has been expressed in 

[42], which showed that 

 

                                          (8) 

                                            

where PT denotes the transmission power and PR denotes the 

received power at the read point, λ denotes the wavelength of 

the RF signal (calculated by the RF frequency f using C = f λ, 

C = 3 ×108 m/s), and G is a constant related to the RF system 

set-up including the antenna gain and other parameters. 

Formula (8) means that to keep the same SNR in the 

instrumentation side, the relationship between the new read 

distance R1 for SAW connected biosensor and the R0 for the 

SAW without a load in this application will become, R1 = 

(PR0/PR1)-1/4 R0 = (104.75/10)-1/4 R0 = 76% R0. Given that the 

achieved read distance of 2.5 m in the 433 MHz band [43], the 

read distance of the SAW connected biosensor will be 2.5 m × 

76% = 1.9 m. Even considering an extra insertion loss of 20 

dB, the read distance will be reduced to 60 cm which is still 

better than other RFID solutions. In addition, using 868 (865-

868) MHz ISM band where transmission power limitation has 

been increased from 25 mW to 2000 mW [44], will be a 

choice to increase the read distance (according to formula (8)) 

when communication distance becomes a concern. 

Although the reported experiment have not included 

concentration steps of 0.59 µg/ml, the claimed accuracy of 

0.59 µg/ml which is concluded from the statistics of the 

measurements, is reliable. Considering that when the distance 

of 4σmax (σmax is the maximum standard deviation of the 5 test 

points: σmax = max(σ1, σ2, … σ5)) is applied to the two adjacent 

test points (both measurement data sets obey the normal 

distribution) of i (µi, σi) and i+1 (µi+1, σi+1) as shown in Fig.15, 

the error of counting one measurement data x0 

( ) into the incorrect data point which most 

probably happens in the intersection area of the Fig. 15 can be 

calculated as, 

   

 
Fig. 15. Determining the measurement accuracy by considering the 

probability distribution of two adjacent measurement points 

 

(9) 

Given that [45] 

 

                                                                                                           

                                                                                             (10) 

 

and µi+1 - µi ≥ 4σmax, it can be concluded that Perr in formula (9) 

is less than 5% and therefore the measurement data will be 

reliable to free the measurement uncertainty concern.  

The sensitivity calculated by formula (7) for this experiment 

where almost a hundred KHz frequency shift for 0.1 µg/ml 

CRP, demonstrated that the proposed method has a much 

higher sensitivity than the best sensitivity of the impedance 

loaded SAW. However, in a series resonant circuit, the voltage 

applied to a single component may be much higher than the 

voltage applied to the circuit. Hence, in this system a safety 

concern is raised, since biosensor is in series with the SAW. 

Given that the RF excitation is limited to 25 mW for the 

433MHz ISM band wireless communication, the allowed 

maximum amplitude of the RF excitation can be 1.12V at 50Ω 

impedance. Even with twice the total voltage applied to the 

biosensor, it is still a safe voltage to keep the leakage current 

to human body below 10 mA specified by IEC60601 for MHz 

RF signals [5]. Therefore it is safe to series connect a 

biosensor working at hundreds of MHz and a high frequency 

SAW for passive bioimpedance sensing.  

The reflection strips of the reflector shown in Fig. 5, have a 

fixed gap designed for the resonant frequency. In our 

applications the resonant frequency has been largely shifted 

from the original value due to the connected biosensor. This 

shifted frequency will produce a phase shift from each 

reflecting strip, making the reflected RF signal waveform 

slightly distorted. However, when considering that frequency 

shift detection is implemented in the frequency domain, the 

phase shift should not affect the power spectrum of the 

reflected RF signal. The spectrum  of the reflected RF 

signal with a phase shift φ0 at the second reflect strip of N 

strips is calculated as,  

 

 

 

 

and the reflection coefficient of N reflection strips are 

assigned as identical.  

For power spectrum of , since  for arbitrary φ,  

when  the spectrum of the reflected RF 

signal will not be affected, since in this case   

 



 

 

 
 

where φ0 denotes the resonant frequency shift from the first 

reflector as 

  

Apparently the phase shift is almost  in our 

experiments so formula (12) is not working. The frequency 

component of the reflected signal can still be detected without 

a network analyzer in practical application (refer to Fig. 1) 

according to formula (11), but the amplitude of the spectrum 

will be decreased, resulting in a reduced communication 

distance. 

Although in previously reported works, the power 

consumption of impedance measurement for biosensors has 

been reduced from mW [6] to μW [7, 18, 20], these systems 

still require powering of sensor side. For the SAW resonator-

coupled biosensor described here, no power source is required 

at the biosensor node. This is especially important when 

considering wearable applications where a wireless 

communication link is required. However, more technical 

aspects such as introducing a reference measurement channel 

for calibration of the SAW component parameters change (e.g. 

variation in initial resonant frequency such as 433.92 MHz ± 

75 KHz specified by the EPCOS R900 resonator, temperature 

related parameters such as -19 ppm/°C resonant frequency 

change [46]) should be considered for practical use of SAW 

connected biosensor since SAW device is very sensitive.  

IV. CONCLUSION 

SAW resonators have the potential to create biosensing nodes 

that combine passive impedance sensing and zero power 

communication when coupled with the capacitive biosensor. 

This is possible as the process of reflecting the excitation RF 

signal in the SAW is passive. The SAW reflected RF signal 

contains impedance information of the biosensor, where 

changes in the impedance values relate to the variation in the 

number of binding events on the biosensor surface and thus 

the concentration of the target analyte. This impedance change 

can be indirectly acquired by detecting the resonant frequency 

change of the reflected RF signal at the RF station, e.g. a 

mobile phone, where power supply is not typically an issue. 

Therefore, this system is highly suited to wearable biosensor 

applications which transmit readings of analyte 

concentrations, for example cortisol levels in sweat on or 

under the skin, to a mobile device. Biosensing experiments 

have demonstrated that a single IDT SAW resonator working 

in hundreds MHz can detect fF level capacitance changes 

which has only been previously achieved in transistor level 

circuits. This has allowed changes in CRP concentrations 

down to 0.6 g/ml (well below the normal clinical cut-off 

level) to be detected by the SAW resonator-coupled biosensor, 

with a zero-power requirement at the biosensor node. In 

addition, due to the capability of measurement of very small 

capacitance changes, it is predicted that the system will be 

appropriate for measurement of other analytes where the 

clinical range extends down to ng/ml levels.  
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