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Abstract
The Love wave biosensor is considered to be one of the most promising probing methods in biomedical research and diag-
nosis, and has been applied to detect the mechano–biological behaviour of cells attached to the surface of the device. More 
efforts should be devoted to basic theoretical research and relevant device performance analysis that may contribute to the 
further developments of Love wave sensors. In this study, a 36º YX-LiTaO3-based Love wave sensor with a parylene-C wave 
guiding layer was adopted as a cell-based biosensor to monitor the adhesion process of tendon stem/progenitor cells (TSCs), 
a newly discovered cell type in tendons. A theoretical model is proposed to describe the Love wave propagation, in which 
the adherent cells are considered as a uniform viscoelastic layer. The effects of viscoelastic cell layer and wave guiding 
layer on the propagation velocity υ and propagation loss (PL) are investigated. The numerical results indicate that adherent 
cell layers of different storage or loss shear modulus in certain ranges can induce pronounced and characteristic variations 
in υ and PL, revealing the potential of Love wave sensors to provide useful quantitative measures on cellular mechanical 
properties. The sensor response to the adhesion of TSCs exhibits high consistency with experimental observations, which 
demonstrates the Love wave biosensor as a very promising sensor platform for investigating cellular activities under multiple 
physiological conditions.
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Introduction

It is known that every organism either consists of cells or 
by itself is a single cell, whether it is an animal, a plant or 
a microorganism (Hardin et al. 2012). Therefore, studies to 
understand cellular behaviour have an important role in both 
biological and biomedical fields, whether studying the cells 

themselves or interactions between cells and surrounding 
stimuli/environments. Cell adhesion to a substrate plays an 
important role in a variety of cellular activities (Hardin et al. 
2012). Cell adhesion enhances cell attachment, function-
ing as not only structural links between the cytoskeleton 
and extracellular matrix (ECM), but also triggering signal 
pathways that direct cell functions. Cell–cell or cell–sub-
strate adhesive interactions govern cell aggregation, polar-
ity, and migration. In addition, such interactions can alter 
the differentiation of cells by changes in cell morphology, 
proliferation, and programmes of gene expression (Ginsberg 
et al. 1992). During the past decades, interest in the develop-
ment of cell-based biosensors has increased considerably. 
A variety of devices have been developed as cell-based 
biosensors, and some of them have proven a great success 
and thus put into commercial production. The significant 
feature of cell-based biosensors is the use of living cells as 
the detected objects or the receptors to other stimuli from 
the surrounding environment (Wang and Liu 2010). With 
cells as the sensing elements, their basic physiological reac-
tions to different external stimuli are observed, which can 
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be widely applied in drug development, quality control, and 
environment monitoring. Thus, as the crucial cellular behav-
iour that should be studied in depth, cell adhesion onto the 
sensing surface is also a necessary prerequisite for cell-based 
biosensor applications. The cell-based biosensor needs to 
support adherent living cells as a part of itself, creating the 
naturalistic environment required by living cells (Wang and 
Liu 2010). The physical and chemical parameters of the 
environment should be strictly controlled, providing 37 °C, 
5% CO2, and nutrition supply to maintain the metabolism 
of living cells for a long period. Furthermore, since cells 
are seeded and cultured on a sensing surface of metallic or 
ceramic materials, and not directly on standard cell culture 
wares such as a Petri dish, slide, or other glass or polymeric 
plastic dish, living cells should adhere to the surface without 
any limitations on their own biological functions, thus pro-
viding comparable references for their reactions in genuinely 
natural environments.

Currently, most studies referring to the cell adhesion 
process are based on the observation of cellular morpholo-
gies using optical microscopy, which is time-consuming, 
labour-intensive and qualitative in measurement. To achieve 
simple, fast monitoring, some sensor measurement meth-
ods have been developed, such as electric cell-substrate 
impedance sensing (ECIS) and surface plasmon resonance 
(SPR) sensing. ECIS is based on the electrical impedance 
change induced by cells attaching and spreading onto a cen-
tral gold electrode, which provides quantitative information 
on morphologies and motions of cultured cells in real time 
(Giaever and Keese 1993). However, because the electrode 
is immersed in culture medium, adherent cells are required 
to restrict the current flow through the medium effectively 
to produce a detectable impedance change. As a result, there 
would be no reliable response from ECIS if seeded cells are 
of relatively low concentration and they cannot cover the 
entire electrode surface. SPR as a non-invasive optical tech-
nique can be applied to monitor certain cellular activities, 
but still lacks information in related structural or mechanical 
properties of cells.

In comparison, acoustic wave sensors have shown their 
advantages in real-time, quantitative measurements of cell 
activities. As the most widely used acoustic wave sensor, 
the quartz thickness shear mode (TSM) resonator has been 
applied in some studies on different types of cells (Li et al. 
2005, 2007; Marx et al. 2005; Tan et al. 2009). A TSM reso-
nator consists of a thin disk of AT-cut quartz with circular 
Au/Cr electrodes deposited on both sides. When its surface 
loading condition varies, for example with cells adhering 
on the surface, the electrically excited TSM acoustic wave 
propagation can change accordingly through the quartz crys-
tal, allowing a simple, non-invasive, and quantitative method 
to extract the viscoelastic properties of adherent cells. More 
recently, the Love wave sensor has been considered as one of 

the most promising probing methods in biomedical research 
and diagnosis (Herrmann et al. 2001; Saitakis et al. 2010; 
Ballantine et al. 1997). Shear horizontal surface acoustic 
waves (SH-SAWs) can be generated by delay line inter-dig-
ital transducers (IDTs) on, for example, a 36o YX-LiTaO3 
substrate, in which the propagating waves have a shear 
horizontal polarization along the propagation direction. A 
Love wave sensor is composed of a SH–SAW device with an 
additional thin film layer that has a lower shear wave velocity 
than the substrate to guide these waves along the surface. 
Compared with the traditional TSM acoustic waves, Love 
waves display extremely high sensitivity to certain surface 
perturbations as well as favourable inertness to other sur-
rounding factors, especially to the number of bonds formed 
within the relatively short distance of ~ 50 nm from the sur-
face (Ballantine et al. 1997; White 1970). As the key part of 
a Love wave sensor, the acoustic wave guiding layer plays 
a crucial role in improving its sensitivity. Various thin film 
materials have been considered as the guiding layer, such as 
ZnO, SiO2, and PMMA (Gizeli 1997; Bender et al. 2000; 
Kalantar-Zadeh et al. 2003). With a lack of proper biocom-
patible interfaces, most of the previous studies on Love wave 
sensors did not pay attention to their potential application 
in cell-based biosensing. Some relevant experimental stud-
ies have reported the use of some biocompatible polymer 
wave guiding layers, such as PMMA (Gizeli 1997; Bender 
et al. 2000), polyimide (Branch and Brozik 2004), and novo-
lac (Gizeli et al. 2003; Matatagui et al. 2011). Parylene-C 
(poly(2-chloro-p-xylylene)) has been proven as one of the 
ideal wave guiding layers due to its good uniformity, com-
pactness, and adhesion to the substrate (Lange et al. 2007). 
More importantly, parylene-C film possesses comparable 
cell and protein compatibility to the standard tissue culture 
substrate, indicating its great potential as a biocompatible 
interface for biomedical devices (Chang et al. 2007). Thus, 
a 36º YX-LiTaO3-based Love wave sensor is adopted as a 
cell-based biosensor to monitor the cell adhesion process in 
this study, and parylene-C film is deposited on it as both the 
wave guiding layer and biocompatible interface.

Recent experimental studies have reported some cell-
based applications of Love wave sensors; however, there is 
no mature theoretical analysis on them (Zhang et al. 2016). 
Most of these studies merely described the electrical sensor 
response to specific cellular behaviours from a perspective 
of experimental observation, but lacking in-depth theoretical 
explanation on the internal relation between signal changes 
and the corresponding cellular behaviours. In fact, without 
cellular structural or mechanical properties as intermediate 
parameters, this internal relation could not be established 
successfully. Perturbation theory, as an approximation 
method, was adopted in the Love wave sensor analyses and 
the computational results agreed well with experimental 
results at the initial stage. However, an increasing deviation 
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was found as the conditions varied continuously (Wang et al. 
1994; Du et al. 1996). Based on the perturbation theory, 
considering the Love wave sensor as a simple mass sensor, 
an approximate linear relation was set up in some studies, 
in which no clear meaning was given to the linear relation 
coefficient. Along with a continuously varying condition, 
linear relation could not be maintained since the approxima-
tion prerequisite was not satisfied any more. So far, some 
studies have reported the theoretical determination of device 
performance parameters of Love wave sensors based on dif-
ferent assumptions or theoretical models, in which the reso-
nance frequency shift or insertion loss change caused by 
the viscoelastic wave guiding layer and liquid medium was 
analyzed (Liu et al. 2013; McHale et al. 2002, 2003). Nev-
ertheless, due to the lack of experiment-related discussion, 
there is little research focusing on theoretical modeling of 
cell-based Love wave sensors, and an in-depth, comprehen-
sive theoretical analysis is still lacking. Currently, the trans-
duction process of cellular output to electrical signals that 
can be measured and analyzed has not been fully understood 
in Love wave biosensors. Therefore, more efforts need be 
devoted for a better understanding of the relation between 
variations in sensor response (e.g. resonance frequency, 
insertion loss) and cellular properties, thus achieving quanti-
tative characterization of adherent cells in response to physi-
cal, chemical, or biological stimulus. The performance of 
cell-based Love wave sensors should be investigated based 
on a relatively mature theoretical model, which can contrib-
ute to sensor measurements and applications.

In this study, a 36º YX-LiTaO3-based Love wave sensor 
with a parylene-C wave guiding layer is adopted to monitor 
the adhesion process of tendon stem/progenitor cells (TSCs), 
a newly discovered cell type in tendons. Assuming the cells 
attached to the surface of the device as a uniform viscoelas-
tic layer, a theoretical model is developed to describe the 
Love wave propagation in the wave guiding layer, adherent 
cell layer, and penetration into the liquid medium. Based on 
this, the effects of viscoelastic cell layer and wave guiding 
layer on the propagation velocity υ and propagation loss PL 
are analyzed. The sensor response to the adhesion process 
of TSCs agrees well with the experimental results, which 
validates the theoretical model for Love wave sensor design.

Theoretical model and analytical methods

SH‑SAW propagation in piezoelectric crystal 
substrate

Figure  1 schematically illustrates the basic structure 
of a Love wave biosensor in this study: the Au/Ti IDT 
electrodes are fabricated on the surface of piezoelectric 
crystal substrate and a thin layer of Au/Ti is deposited on 

the sensing area between the input and output IDTs for 
metalized surface. Since the Au/Ti films are relatively 
thin (~ 150 nm), their effect on Love wave propagation 
can be neglected, thus simplifying the original theoreti-
cal model effectively. A wave-guiding layer is deposited 
on electrodes, and seeded cells are adhered to its surface. 
For analysis purpose, a 3-D Cartesian coordinate system 
x1, x2, and x3 is established for the basic unit structure of 
a Love wave biosensor, where the x1 axis is parallel to 
the direction of Love wave propagation, the x2 axis is in 
the polarization direction, and the x3 axis is perpendicu-
lar to the surface of the piezoelectric crystal substrate. 
The wave guiding layer and adherent cell layer occupy 
the domains of 0 ≤ x3 ≤ h1 and h1 ≤ x3 ≤ h2, respectively. 
Both piezoelectric crystal substrate and liquid medium 
are considered semi-infinite.

The constitutive equations for a piezoelectric crystal sub-
strate are (Auld 1973):

where c, e, and ε represent the elastic, piezoelectric, and per-
mittivity constant matrices, respectively. T and S denote the 
stress tensor and strain tensor, and D and E are the electric 
displacement and electric field intensity. With

where u and φ are, respectively, the particle displacement 
and electric potential, S and E can be eliminated from the 
constitutive Eq. (1). Meanwhile, neglecting gravity and other 
internal forces, the particle motion follows Newton’s second 
law as:

(1)
T = cS − eE,

D = �E + eS,

(2)S = ∇u,

(3)E = −∇�,

(4)∇ × T = �
�2u

�t2
,

Fig. 1   Schematic structure of a cell-based Love wave biosensor
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where ρ is the density of the piezoelectric crystal substrate. 
The divergence of the electric displacement is zero when 
there are no external electric charges,

Replacing (1) with (4), (5), the constitutive equations with 
respect to u and φ are rewritten as follows:

In previous studies, it was shown that pure shear particle 
motion could be excited electrically for materials with spe-
cific elastic stiffness and piezoelectric coefficient matrices, 
such as quartz crystal with specific cuts (Jakoby and Velle-
koop 1997; Liu and He 2010). Different from quartz crystal 
cuts, for 36° YX-LiNbO3 and 36° YX-LiTaO3 of a 3 m point 
group, attenuation due to leaky waves can be minimized 
and the predominant component of surface particle motion 
throughout the sensing area is shear horizontal. With x1 axis 
in the direction of Love wave propagation and x3 axis per-
pendicular to the surface of piezoelectric crystal substrate, 
the acoustic wave equations are not varied with x2. Assum-
ing the general solution of u and φ in piezoelectric crystal 
substrate as

where the wave number k = k0–jα = ω/υ–jα (α > 0), υ is the 
propagation velocity, α is the attenuation factor of wave 
propagation, and α is << 1 for normal piezoelectric crys-
tal substrates. Substituting (7) into (6), linear homogeneous 
equations with respect to U1, U2, U3, and Ф can be obtained 
with a 4 × 4 coefficient matrix. For an effective nontrivial 
solution, the determinant of coefficient matrix should be 
zero, which results in an eighth-order polynomial equation 
of β. A part of the surface waves propagate along the nega-
tive direction of x3, and when x3→ –∞, the particle displace-
ment u and the electric potential φ tend to vanish. Thus, (1) 
for complex solutions of β, roots with negative real parts are 
rational; (2) for pure imaginary solutions of β, roots with 
negative imaginary parts should be adopted. In this case, 
four of the eight roots of β are chosen, and the solution of u 
and φ is in the form:

(5)∇ × D = 0.

(6)

cijkl
�2ul

�xj�xk
+ eijk

�2�

�xj�xk
= �

�2ui

�t2

−�S
ij

�2�

�xi�xj
+ eijk

�2uk

�xi�xj
= 0.

(7)
ui = Uie

−k�x3e
j(�t−kx1), i = 1, 2, 3,

� = �e
−k�x3e

j(�t−kx1),

(8)

ui = (M1Ai1e
−k�1x3 +M2Ai2e

−k�2x3 +M3Ai3e
−k�3x3

+M4Ai4e
−k�4x3 )ej(�t−kx1), i = 1, 2, 3,

� = (M1A41e
−k�1x3 +M2A42e

−k�2x3 +M3A43e
−k�3x3

+M4A44e
−k�4x3 )ej(�t−kx1),

where [A1j, A2j, A3j, A4j] is the corresponding nontrivial 
solution of the linear homogeneous equations with βj 
(j = 1,2,3,4). M1–4 are the coefficients to be determined by 
boundary conditions. With the general solution into constitu-
tive relations (1), the shear stress on the x1–x2 plane and the 
electric potential along the x3 direction in the piezoelectric 
crystal substrate can be calculated as follows,

Wave propagation in wave guiding layer 
and adherent cell layer

Compared with (6) for piezoelectric materials, constitutive 
equations in regard to u and φ for normal elastic and dielectric 
materials are in a simple form (Ballantine et al. 1997),

where µ, η are the stiffness and dynamic viscosity constant, 
and ρL is the density. The general solution of u and φ in the 
wave guiding layer can be expressed as

For 36° YX-LiTaO3, the predominant component of surface 
waves has a shear horizontal polarization along the propaga-
tion direction. To simplify our theoretical model, only parti-
cle movement along x2 would be considered in continuous 

(9)

T13 = − k(M1R1e
−k�1x3 +M2R2e

−k�2x3 +M3R3e
−k�3x3

+M4R4e
−k�4x3 )ej(�t−kx1),

Ri = c55�iA1i + jc56A2i + jc55A3i + je15A4i, i = 1, 2, 3, 4,

T23 = − k(M1S1e
−k�1x3 +M2S2e

−k�2x3 +M3S3e
−k�3x3

+M4S4e
−k�4x3 )ej(�t−kx1),

Si = jc41A1i + c44�iA2i + c43�iA3i + e34�iA4i,

i = 1, 2, 3, 4,

T33 = − k(M1T1e
−k�1x3 +M2T2e

−k�2x3 +M3T3e
−k�3x3

+M4T4e
−k�4x3 )ej(�t−kx1),

Ti = jc31A1i + c34�iA2i + c33�iA3i + e33�iA4i,

i = 1, 2, 3, 4,

D3 = − k(M1W1e
−k�1x3 +M2W2e

−k�2x3 +M3W3e
−k�3x3

+M4W4e
−k�4x3 )ej(�t−kx1),

Wi = je31A1i + e34�iA2i + e33�iA3i − �33�iA4i,

i = 1, 2, 3, 4.

(10)

cijkl
𝜕2ul

𝜕xj𝜕xk
=
(

𝜇ijkl + j𝜔𝜂ijkl
) 𝜕2ul

𝜕xj𝜕xk

= 𝜇ijkl

𝜕2ul

𝜕xj𝜕xk
+ 𝜂ijkl

𝜕2u̇l

𝜕xj𝜕xk
= 𝜌L

𝜕2ui

𝜕t2

− 𝜀S
ij

𝜕2𝜑

𝜕xi𝜕xj
= 0,

(11)
uL
i
= Uie

jk�Lix3ej(�t−kx1), i = 1, 2, 3,

�L = �ejk�L4x3ej(�t−kx1).
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boundary conditions. Substituting (11) into (10), u2 and φ can 
be independently calculated as follows:

where

and M5–8 are the coefficients to be determined by the bound-
ary conditions. For an ideal elastic guiding layer (η44 = 0), 
βL2 expression can be simplified as βL2 = (υ2ρL/μ44 – 1)1/2. 
The stress on the x1–x2 plane along the x2 direction in the 
wave guiding layer can be calculated as

The Maxwell–Weichert model is introduced to describe 
the complex shear modulus of the viscoelastic polymer wave 
guiding layer. In the linear model for viscoelasticity, the rela-
tionship of shear stress and rate of strain can be described 
by a spring and a dashpot in series. The total rate of strain 
contains an elastic part and a viscous part, and a relaxa-
tion time τ = η0/μ0 can be introduced. An additional branch 
that only includes a spring is labeled as an elastic branch, 
which ensures that the material would eventually return to its 
original shape rather than result in plastic deformation. As 
a result, the expression of the shear modulus can be written 
as (Liu et al. 2013):

The viscosity is very small when ωτn approaches zero 
or infinity. In this study, this expression with n = 1 will be 
used in (15).

u2 and φ of the adherent cell layer can be solved in a 
similar method as follows:

where h1 is the thickness of the wave guiding layer, and 
ρP and cP are the density and complex shear modulus of 
the adherent cell layer, respectively. Similarly, the stress on 
the x1–x2 plane along x2 direction in the cell layer can be 
obtained as

(12)
uL
2
= (M5e

jk�L2x3 +M6e
−jk�L2x3)ej(�t−kx1),

�L = (M7e
kx3 +M8e

−kx3 )ej(�t−kx1),

(13)�L2 =

(

�2�L

k2c44
− 1

)1∕2

.

(14)TL
23

= jk�L2c44(M5e
jk�L2x3 −M6e

−jk�L2x3 )ej(�t−kx1).

(15)c44 = �0 +
∑

�n

i��n

1 + i��n
.

(16)
uP
2
=
(

M9e
jk�P2(x3−h1) +M10e

−jk�P2(x3−h1)
)

ej(�t−kx1),

�P =
(

M11e
k(x3−h1) +M12e

−k(x3−h1)
)

ej(�t−kx1),

(17)�P2 =

(

�2�P

k2cP
− 1

)1∕2

,

(18)TL
23

= jk�P2cP(M9e
jk�P2x3 −M10e

−jk�P2x3 )ej(�t−kx1).

Wave penetration into the liquid medium

When a Love wave sensor is used in a liquid medium, a 
small amount of acoustic wave energy will propagate into 
the liquid medium with a decay length. To avoid unexpected 
effects induced by the high dielectric coefficient of liquid 
medium, the surface of piezoelectric crystal substrate is 
usually metalized, resulting in φ = 0 at x3 = 0. In this case, 
the velocity field generated in contacting medium by the 
in-plane oscillation of the wave guiding layer is determined 
by solving the incompressible Navier–Stokes equations (Bal-
lantine et al. 1997):

where υ represents the fluid velocity, ρM, ηM are respectively 
the density and dynamic viscosity of medium, and p is the 
pressure. When the velocity initiated by boundary pertur-
bations is considered small, these nonlinear terms can be 
eliminated from (19), and the constitutive equations can be 
simplified as follows:

Assuming the general solution of υ in a liquid medium as

and substituting (21) into (20), υ2 can be solved indepen-
dently from the momentum equation without other unknown 
variables involved. Correspondingly, a quadratic equation 
with respect to βM2 is obtained. Since part of the surface 
waves propagate along the positive direction of x3, and when 
x3→ ∞, υ2 tends to zero, only kβM2 with positive real part 
can be adopted, and the solution of υ2 is as follows:

where M9 is the coefficient to be determined by boundary 
conditions. The shear stress on the x1–x2 plane along the x2 
direction in a liquid medium is also obtained:

It is well known that for the high-viscosity liquid at high 
frequencies it might be necessary to consider the relaxation 
effect. For a cell-based Love wave biosensor, the cell culture 
medium is considered the low-viscosity liquid (ηM < 10 cp), 
and thus only the real part of viscosity would be taken into 
account.

(19)
∇ × � = 0,

�M

(

��

�t
+ � × ∇�

)

= −∇p + ∇ × �M
(

∇� + ∇�T
)

,

(20)
∇ × � = 0,

�M
��

�t
= −∇p + ∇ × �M

(

∇� + ∇�T
)

.

(21)�M
i
= Uie

−k�Mi(x3−h)ej(�t−kx1), i = 1, 2, 3

(22)
�M
2
= M9e

−k�M2(x3−h)ej(�t−kx1), k�M2 =

√

k2 + j�M�∕�M,

(23)TM
23

= −jk�M2�MM9e
−jk�M2(x3−h)ej(�t−kx1).



	 European Biophysics Journal

1 3

Boundary conditions of a layered love wave sensor

As shown in the previous sections, there are a series of unde-
termined coefficients (M1, M2, M3, M4,…) in the u, φ, and υ 
expressions. When a Love wave sensor with metalized sur-
face is placed in liquid, nine coefficients (M9–10, M13 in addi-
tion to M1–6) need to be determined though nine independent 
boundary relations. For 36° YX-LiTaO3, the predominant 
component of surface particle motion is shear horizontal. 
To simplify our theoretical model, only particle movement 
along x2 would be considered in continuous boundary condi-
tions. Thus, based on the continuity of displacement, stress, 
electric potential, and electric displacement at contact 
interfaces,

where h2 is the thickness of adherent cell layer. The particle 
movement along the x2 direction is dominant compared to 
the movements in the x1 and x3 directions. As a result, the 
additional stress boundary equations are:

The combination of Eqs. (24) and (25) forms a set of lin-
ear homogeneous equations with a 9 × 9 coefficient matrix 
with respect to undetermined coefficients. Dispersion rela-
tion for the layered Love wave sensor can be obtained by 
evaluating the propagation velocity υ and attenuation factor 
α, which can satisfy the determinant of coefficient matrix 
to be zero. However, since particle motions along x1, x3 in 
all layers are neglected, an approximate calculation need to 
be performed instead, in which υ and α are determined to 
minimize the determinant of the coefficient matrix. A series 
of values of propagation velocity υ and attenuation factor 
α are tried until the determinant is minimized within the 

(24)

x3 = 0, u2 = uL
2
⇒ M1A21 +M2A22 +M3A23

+M4A24 = M5 +M6,

x3 = 0, T23 = TL

23
⇒ M1S1 +M2S2 +M3S3

+M4S4 = −jc44�L2(M5 −M6),

x3 = h1, u
L

2
= uP

2
⇒ M5e

ik�L2h1 +M6e
−ik�L2h1

= M9 +M10,

x3 = h1, T
L

23
= TP

23
⇒ c44�L2(M5e

ik�L2h1 −M6e
−ik�L2h1 )

= cP�P2(M9 −M10),

x3 = h1 + h2, �
P

2
= �M

2
⇒ M9e

ik�P2h2 +M10e
−ik�P2h2

= M13∕i�,

x3 = h1 + h2, T
P

23
= TM

23
⇒ cP�P2(M9e

ik�Ph2

−M10e
−ik�Ph2 ) = i�M�MM13,

x3 = 0,� = 0 ⇒ M1A41 +M2A42

+M3A43 +M4A44 = 0,

(25)

x3 = 0, T13 = 0 ⇒ M1R1 +M2R2 +M3R3 +M4R4 = 0,

x3 = 0, T33 = 0 ⇒ M1T1 +M2T2 +M3T3 +M4T4 = 0.

predetermined accuracy: for a specific thickness h of cell 
layer, firstly the discretization of α within a physically pos-
sible range is operated; then, for each discretized α(i), where 
i is assigned from 1 to m and m is the number of test points, 
the corresponding υ(i) is obtained by seeking the minimum 
point of determinant curve; with all valid solution sets (υ(i), 
α(i)) recorded, the optimal solution is finally selected which 
can make the determinant function get the smallest value. 
Subsequently, the errors from approximation are also evalu-
ated by comparing the particle displacements in x1, x2, x3 
at the interface of the LiTaO3 substrate and wave guiding 
layer, thus proving the validity of our assumption. After the 
attenuation factor α is determined, the propagation loss per 
millimeter (mm) is given by Jakoby and Vellekoop (1997)

Results and discussion

From the theoretical model discussed above, a series of 
numerical results are obtained for a 36º YX-LiTaO3-based 
Love wave biosensor. The period of Au/Ti IDTs is 32 μm. A 
thin layer of Au/Ti is fabricated on the sensing area between 
the input and output IDTs, giving an operating frequency 
around 128 MHz. The parylene-C film is deposited on 
the surface of the Au/Ti films as the wave guiding layer. 
The elastic, piezoelectric, and permittivity constant matri-
ces, as well as the density of LiTaO3 crystal reported by 
Smith et al. are adopted for this work (Smith and Welsh 
1971). The material parameters of the wave guiding layer 
are set as follows: for a pure elastic case, ρL = 1289 kg/
m3, c44 = μ44 = 0.985 GPa; and for a viscoelastic case, 
ρL = 1289 kg/m3, μ0 = μ1 = 0.985 GPa, τ = 0.01, 0.02 ns. In 
the latter case, the storage shear modulus is set at a relatively 
constant value around μ44 = 0.985 GPa with varying angular 
frequency ω, when the loss shear modulus changes in orders 
of magnitude by setting different relaxation times τ. In addi-
tion, with the cell culture medium as the liquid medium in 
the computation which has similar properties to pure water, 
the values of ρM = 1000 kg/m3 and ηM = 0.00102 were used.

Generally speaking, the performance of the Love wave 
biosensors, such as resonance frequency or insertion loss, 
is affected by a series of factors in various degrees. Previ-
ous studies reported the effects of piezoelectric crystal sub-
strate (Wang et al. 1994), viscoelasticity of guiding layer 
(Matatagui et al. 2011), and liquid medium (Gaso et al. 
2013) on the insertion loss of the Love wave sensors. In 
our previous study, these factors were evaluated separately 
through a comprehensive theoretical analysis (Wu et al. 
2017). When choosing the optimal thickness of the wave 
guiding layer, a balance is suggested among a large propa-
gation velocity, a high coupling coefficient, a large mass 

(26)PL = − 0.02� log e.
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sensitivity, and a low propagation loss. For a Love wave 
biosensor with either an elastic wave guiding layer or a vis-
coelastic wave guiding layer, an optimal normalized guiding 
layer thickness is considered at the vicinity of h1/λ = ~ 0.05 
in vacuum, and ~ 0.048 in liquid (water). For parylene-C, 
the corresponding thickness should be 1.5–1.6 μm. Thus, in 
this study, a 36º YX-LiTaO3-based Love wave biosensor with 
1.6-µm parylene-C guiding layer is adopted for monitoring 
the adhesion process of TSCs.

In the meantime, from Eq. (17), the response of the Love 
wave sensors also strongly depends on the density and vis-
coelasticity of adherent cells (ρP, cP). In our previous study, 
the quartz TSM resonator was applied to characterize the 
viscoelastic properties of aging and young TSCs bounded on 
its surface (Wu et al. 2015). TSCs were isolated from both 
old and young rats, and allowed to grow to confluency on 
the surface of TSM resonators. The admittance spectrums 
of TSM resonators with adherent TSCs were acquired, and 
a series of complex shear modulus G′ + jG″ as well as the 
average thickness of TSC monolayer was calculated based 
on a two-layer-loading transmission line model (TLM). 
With the preset density of 1000 kg/m3, the viscoelasticity 
of aging and young TSCs were 21608 + 136209j Pa and 
985 + 116582j Pa, respectively. According to the viscoe-
lasticity theory, complex shear modulus cP = G′ + jG″ is 
dependent on the oscillation frequency ω (Fabry et al. 2001; 
Smith et al. 2005). An approximation of converted viscoelas-
ticity at a high frequency (~ 128 MHz) of 2000 + 100000j Pa 
is used for the young TSCs in this study. The G′ and G″ as 
statistical stiffness and viscosity of the TSC monolayer can 
exhibit the characteristic viscoelasticity of individual TSC 
in a group and at the same time avoid too many fluctuations 
from individual differences.

After TSCs’ viscoelasticity of 2000 + 100000j Pa is deter-
mined, the propagation velocity υ and propagation loss PL 
for a Love wave sensor with adherent young TSCs are cal-
culated based on the theoretical model discussed above. In 
both Figs. 2 and 3 (pink dot), it can be seen that as the thick-
ness of adherent TSC layer h2 increases, the propagation 
velocity υ increases, and the propagation loss PL decreases. 
Evident changes in υ and PL are observed in the early stage 
of an increase in cell layer thickness (h2 < 6 nm). With h2 
increased further to > 10 nm, both υ and PL tend to be stable 
without any more obvious variations. The peak value of υ is 
obtained at h2 = ~ 8 nm, leading to the maximum resonance 
frequency of a Love wave sensor in the adhesion process 
of TSCs. In addition, different variations in propagation 
velocity υ and propagation loss PL of Love wave sensors 
versus the adherent cell layer thickness h2 can be caused by 
adherent cells of different storage or loss shear modulus. Fig-
ure 2 shows a set of curves for the Love wave sensors with 
adherent cell layer of continuously varying storage modulus 
from 2 × 102 to 2 × 106 Pa and fixed loss modulus 1 × 105 Pa. 

When the storage shear modulus of the cell layer is small 
(≤ 2×104 Pa), the υ and PL curves do not show significant 
differences among different modulus values. When the stor-
age shear modulus increases further, variations in υ and PL 
with respect to h2 start to show different tendencies. For the 
case of shear modulus G′ = 2 × 105 Pa, as the adherent cell 
layer thickness h2 increases, propagation velocity υ increases 
gradually and then decreases; propagation loss PL increases 
slightly and then decreases dramatically. Compared with 
smaller storage modulus values (G′ = 2 × 102, 2 × 103, 2 × 104 
Pa), its propagation velocity has a relatively large step of 

Fig. 2   Propagation velocity and propagation loss of cell-based Love 
wave biosensor with a 1.6-µm parylene-C wave guiding layer: with 
the adherent cell layer of different storage shear modulus (loss shear 
modulus of 105 Pa)

Fig. 3   Propagation velocity and propagation loss of cell-based Love 
wave biosensor with a 1.6-µm parylene-C wave guiding layer: with 
the adherent cell layer of different loss shear modulus (storage shear 
modulus of 2 × 103 Pa)
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increase before decreasing, leading to the initial increase 
of propagation loss accordingly. It might be due to spurious 
mode induced when the shear modulus values of the attached 
cell film are within a specific range. As the storage modulus 
of adherent cells ascends to 2 × 106 Pa, υ decreases with 
respect to h2, and PL increases continuously. Figure 3 shows 
the curve sets of propagation velocity υ and propagation 
loss PL versus cell layer thickness h2 for a cell layer of fixed 
storage modulus 2 × 103 Pa and continuously varying loss 
modulus from 1 × 103 to 1 × 106 Pa . The results indicate that 
under the relatively small storage shear modulus (2 × 103 Pa 
), adherent cells with small loss shear modulus (≤ 1×104 Pa 
) cannot result in continuous, stable variations in υ and PL 
of the Love wave sensors: a series of weak high-order or 
spurious resonance peaks are observed in case of the loss 
modulus G″ = 1 × 103 Pa . As the loss modulus increases fur-
ther to ≥ 1×105 Pa, variations in both propagation velocity υ 
and propagation loss PL become stable with respect to h2. In 
case of the loss modulus G″ = 1 × 106 Pa , with the adherent 
cell layer thickness h2 increases, υ decreases gradually, and 
PL increases. Thus, the clear, stable, characteristic variations 
in propagation velocity υ and propagation loss PL of Love 
wave sensors can be observed when the storage and loss 
shear modulus of the adherent cell layer are in an appropri-
ate range. The numerical results demonstrate the potential of 
Love wave sensors in providing useful quantitative measures 
on cellular viscoelasticity during the adhesion process, indi-
cating an advisable method for real-time monitoring of the 
structural and mechanical properties of adherent cells under 
multiple physiological conditions.

In Figs.  2 and 3, an optimal thickness of 1.6  µm is 
adopted for parylene-C wave guiding layer. Figure 4 shows 
the response of Love wave sensors with parylene-C wave 
guiding layers of various thicknesses in the adhesion process 
of TSCs. Considering the parylene-C wave guiding layer as 
a pure elastic layer, it can be seen that both the normalized 
propagation velocity change [(υ–υ0)/υ0× 100%] and propaga-
tion loss PL versus the cell layer thickness h2 exhibit simi-
lar variation tendencies for the guiding layers of different 
thicknesses, though the variation ranges and magnitudes are 
different. As h2 increases firstly, the propagation velocity υ 
increases gradually and propagation loss PL decreases; as h2 
increases further, both υ and PL tend to be stable. The results 
from our previous study indicate that for a Love wave sensor 
applied in a liquid medium, with the guiding layer thickness 
increases, the characteristic propagation velocity υ decreases 
and propagation loss PL increases. Similarly, for the starting 
points of all curves: in the beginning, with the parylene-C 
layer thickness increases (≤ 1.0 µm), υ decreases slightly 
and its value is still > 4000 m/s, and PL remains < 2 dB/mm; 
as the thickness increases further to ≥ 1.5 µm, υ decreases 
dramatically to < 4000 m/s and PL increases to > 5 dB/
mm. In addition, when the parylene-C layer is relatively 

thin (≤ 1.0 µm), the propagation velocity υ and propagation 
loss PL do not show any evident change with respect to the 
adherent cell layer thickness h2. Until the parylene-C layer 
thickness increases to ≥ 1.5 µm, with an increase in h2, υ 
increases and PL decreases dramatically. Even though with 
different variation ranges and magnitudes, it is important to 
note that for the adherent TSC layer of 2000 + 100000j Pa, 
both sets of υ and PL curves enter a plateau, as the cell layer 
thickness h2 is > 20 nm. 20 nm is quite a small thickness, 
which can be attributed to the significant attenuation of Love 
waves in the viscoelastic cell layer. From this perspective, 
when applying the Love wave sensor to monitor the adhe-
sion process of TSCs, the sensor response will be primarily 
induced by the initial interaction between attached cells and 
the substrate during the early stage of adherent cell layer 
formation.

In the discussions above, the parylene-C wave guiding 
layer is considered as a pure elastic layer. However, as a 
viscoelastic polymer, the viscous effect of parylene-C layer 
should be taken into account as well. As shown in Fig. 5, for 
an elastic wave guiding layer and a viscoelastic wave guiding 
layer, both the propagation velocity υ and propagation loss 
PL show quite similar variation tendencies versus the adher-
ent cell layer thickness h2. As the relaxation time τ increases 
from 0 (for the pure elastic case) to 0.02 ns, the curve of the 
propagation velocity υ shifts to a higher velocity range, and 
propagation loss PL moves to a larger loss zone, leading to 
an increase in both resonance frequency and insertion loss of 
Love wave sensors. The results indicate that for a Love wave 
sensor with the wave guiding layer of certain thickness, the 
viscosity of guiding layer only has limited influence in the 
change range of υ and PL, but not their variation tendency, 

Fig. 4   Normalized propagation velocity variation and propagation 
loss of cell-based Love wave biosensor with a pure elastic parylene-C 
wave guiding layer of different thicknesses (cP = 2 × 103 + j × 105 Pa)
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which is quite similar with the effects of a certain wave guid-
ing layer of varied thicknesses.

We also used the 36° YX-LiTaO3-based Love wave sen-
sors to monitor the adhesion process of TSCs isolated from 
young rats (Wu 2015). Parylene-C film as the wave guiding 
layer was deposited on Au/Ti electrodes by thermal dep-
osition system. The average thickness of parylene-C film 
was 1.6 μm, which provides a good combination of a high 
mass sensitivity and a low energy loss. One rectangular 
tube (10 mm/16.0 mm × 12 mm) of poly(dimethylsiloxane) 
(PDMS, Dow Corning, Midland, MI, USA) was located 
around the sensing area, forming the well-like structure for 
TSC culture. The S21 loss curves were obtained by an Agi-
lent N5230A PNA Network Analyzer (Agilent Technolo-
gies, Palo Alto, CA, USA), and an Agilent 34970A switch/
control unit was series connected for converting among dif-
ferent sensors. Before the real-time measurement, Love wave 
sensors with empty wells were firstly exposed to UV light 
overnight to sterilize. Subsequently, 400 μl 100 μg/ml colla-
gen type I (Stemcell Technologies, Vancouver, BC, Canada) 
in phosphate-buffered saline (PBS, Mediatech Inc., Manas-
sas, VA, USA) was added into each well and kept for 2 h to 
cover the entire well bottom with collagen, as commonly 
conducted in tissue culture. After removing the collagen/
PBS solution and washing these wells with PBS for three 
times, 400 μl TSC suspensions of different concentrations 
(0.5 × 105, 1.0 × 105, 2.0 × 105, 4.0 × 105 cell/ml) were added. 
Love wave sensors with cell suspensions were maintained 
in an incubator at 37 °C with 5% CO2 for 10 h, and the 
corresponding S21 loss curves were acquired every 1 min. 
Meanwhile, the S21 loss curves of Love wave sensors with 
pure culture medium were also recorded as the background 
signal. In parallel experiments, 100 μl TSC suspensions of 

identical concentrations were cultured in collagen-coated 
96-well culture plate (the cell number per unit area in cul-
ture plate was designed to be the same as in the Love wave 
sensors) and observed by an optical microscopy (Eclipse 
TS100, Nikon, Japan) at a series of time points (0, 1, 2, 4, 
6, 10 h).

Figure 6(a–f) are the microscopy photos of TSCs at a 
series of time points after 100 μl cell suspensions of 1.0 × 105 
cell/ml were added into the 96-well culture plate, and (a–f) 
were taken after 0, 1, 2, 4, 6 and 10 h in order, respectively. 
The TSCs suspending in culture medium possessed a rel-
atively spherical shape as shown in (a). When added into 
wells, TSCs began to go down and landed on the substrate. 
After 1 h, as shown in (b), half of the suspending TSCs had 
attached to the substrate (spherical ones with bright edges) 
and quite a few of them began to spread (flat black ones). 

Fig. 5   Propagation velocity and propagation loss of cell-based Love 
wave biosensor with 1.6-µm pure elastic and viscoelastic parylene-C 
wave guiding layers (cP = 2 × 103 + j × 105 Pa)

Fig. 6   Monitoring the adhesion process of TSCs: a–f Phase-contrast 
microscopy photos of TSCs (1 × 105 cell/ml) at different time points 
(g). Normalized loss change of Love wave sensors with addition of 
TSC suspensions (1 × 105 cell/ml). h Normalized loss change of Love 
wave sensors with addition of TSC suspensions with varied concen-
trations
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After 2 h, over 80% TSCs had attached to the substrate and 
began to spread [(c)]. When the incubation exceeded 4 h, 
over 95% TSCs had settled down on the substrate [(d))]. For 
attached TSCs, the first change that can be recognized was 
a transformation from a spherical to a flat discoid shape. 
Then, with these cells spreading onto the surface, significant 
morphological changes occurred. Through 4 h incubation, 
a preliminary enlarged, polygonal cell shape was observed 
from part of the TSCs. With continued incubation, TSCs kept 
spreading and formed focal adhesions (Hardin et al. 2012). 
The morphology variation process was almost completed 
after 10 h. It can be seen from (f) that all adherent TSCs pos-
sessed a characteristic elongated shape, exhibiting their high 
consistency and uniformity. Figure 6g illustrates the electri-
cal response of Love wave sensors during the TSC adhesion 
process (1.0 × 105 cell/ml). In our experiments, insertion 
loss of a typical blank Love wave sensor was ~ 25 dB and 
decreased sharply to ~ 30 dB when pure culture media or cell 
suspensions were added (Wu 2015). As the incubation time 
increased to 10 h, insertion loss for media decreased 1 ~ 2 dB 
smoothly, and the insertion loss change due to TSC adhesion 
could be extracted accordingly from the differences between 
the S21 spectrum sets with cell suspensions and pure cul-
ture medium. As shown in Fig. 6g, the insertion loss change 
curves of three trials showed similar tendencies: in the first 
4 h incubation, the insertion loss change caused by cell adhe-
sion increased dramatically, and with continued incubation 
these curves tended to be stable. The S21 loss changes related 
well to the corresponding morphology variations of TSCs 
shown in (a–f). During the initial 4 h incubation, due to the 
extensive formation of integrin–ECM protein bonds between 
attached cells and the substrate, there was a rapid increase in 
the insertion loss change (Hardin et al. 2012). With continued 
incubation, over 95% TSCs had attached to the substrate, 
and the adherent cell layer was formed initially. The small 
portion of remaining cells was then attaching to the surface, 
and attached ones were spreading to occupy more surface 
of the substrate, thus causing a continuous smooth increase 
in the loss curves. In addition, the focal adhesion formation 
and cytoskeleton reorganization resulted in changes in the 
viscoelasticity of adherent cells, which might also lead to a 
slight increase in the insertion loss change. Once the adhe-
sion process of TSCs was complete, the insertion loss change 
was inclined to be stable. Since the evident variations in the 
insertion loss change curves were observed in the initial 
4 h incubation, it was indicated that the dominant factor of 
S21 insertion loss change was the interactions occurring in 
TSC attachment, the initial formation stage of the adherent 
TSC layer. When over 95% TSCs had attached to the sub-
strate and integrin–ECM protein bonds had formed, the loss 
change curve entered a plateau gradually. Figure 6h shows 
the normalized loss change curves of Love wave sensors 
with TSC suspensions of various concentrations (0.5 × 105, 

1.0 × 105, 2.0 × 105, 4.0 × 105 cell/ml). It can be seen that S21 
loss changes presented rather similar variation tendencies for 
different concentrations: there was a fast increase in all of the 
S21 loss change curves in the beginning; along with continued 
incubation, the increase rate decreased to zero gradually, and 
S21 loss change tended to be stable. The main differences 
among different concentrations are merely on the duration 
of fast growth, as well as the magnitude of loss variation. 
For TSC concentrations of 0.5 × 105, 1.0 × 105 cell/ml, the 
fast growth lasted approximately 4 h. As the concentration 
increased to 2.0 × 105, 4.0 × 105 cell/ml, the fast-growing 
region was decreased to about 2 h and 1 h, respectively. At 
the same time, their growth rate in this period was signifi-
cantly increased compared with that of low concentrations. 
This might be attributed to the increased bonds forming when 
TSCs were attaching to the substrate. As shown in Fig. 6d, 
for 1.0 × 105 cell/ml, the TSCs had not formed a uniform cell 
monolayer when cell spreading just began, and a consider-
able proportion of substrate was available for cell attachment. 
Therefore, in case of high concentrations, a larger number of 
TSCs could form integrin–ECM protein bonds at the begin-
ning. However, when some TSCs began to spread, there was 
limited space for other suspended TSCs to attach, which 
resulted in a higher increase rate and an earlier end of fast 
growing. All S21 loss change curves can be found to go into 
a plateau at almost the same time. The final value of loss 
change increased as the concentration of TSC suspension 
increased. As discussed above, due to a higher TSC concen-
tration, more TSCs would attach to the substrate in the first 
few of hours of incubation. With incubation, even though 
spreading of cells would be limited by each other to some 
extent and cell multilayer structure would form, the final 
number of adherent TSCs per unit area was still increased.

The numerical sensor response to the TSC adhesion pro-
cess agrees well with our experimental observations. For a 
Love wave sensor in experiments, the insertion loss is deter-
mined by the wave propagation loss in the acoustic wave 
pathway, as well as the conversion loss during the electro-
acoustic energy inter-conversion in the input and output 
IDTs, which is determined by the electromechanical cou-
pling coefficient K2 and the structure of the IDTs. With the 
structural design of the Love wave sensor as determined, the 
insertion loss change is primarily caused by the propagation 
loss variations occurring in the acoustic wave pathway due 
to cell adhesion. In numerical simulations above, attached 
films with the specific viscoelastic properties could induce 
similar variations in the insertion loss of Love wave sen-
sors: when the thickness of adherent cell layer h2 increases, 
the propagation loss PL decreases gradually. Furthermore, 
because of a short decay length of Love waves in liquid, 
in computation, when h2 increases further to > 10 nm, PL 
tends to be stable. The initial formation of the adherent 
cell layer can result in a reduction in propagation loss PL; 
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in the measurements, correspondingly, the insertion loss 
change of the Love wave sensor increased dramatically in 
the early stage of cell adhesion due to the formation of inte-
grin–ECM protein bonds. As the initial attachment of cells 
was complete, there was no more significant change in the 
loss curves. On the other hand, it should be noted that there 
is still a quantitative difference in the insertion loss values 
between theoretical calculation and experimental measure-
ment. The typical insertion loss of a Love wave sensor in 
liquid in our experiments was only around 30 dB, as a sum 
of both energy inter-conversion loss and propagation loss. 
The main reason for the difference might be the variations 
on the stiffness of parylene-C wave guiding layer under an 
increasing resonance frequency. Along with the operation 
frequency increase, the stiffness of parylene-C films rises 
accordingly, leading to a relatively small insertion loss 
through the wave guiding layer of the same thickness. It is 
found that if the stiffness of parylene-C films is increased by 
one order of magnitude, the total propagation loss could fall 
down to 1/35 of the original value. Alternatively, an increase 
in the wave guiding layer’s stiffness results in a similar con-
sequence as the thickness reduction as Fig. 4 shows. Thus, 
both the starting insertion loss and loss change due to cell 
adhesion of the Love wave sensor were decreased in our 
experiments compared with the theoretical calculations. In 
addition, the smaller value of insertion loss change was also 
affected by the coverage ratio of cells on the surface of the 
Love wave sensor. TSCs could not form an isotropic, uni-
form layer on the entire sensing pathway as in the theoretical 
assumptions, but only partially cover the sensing area.

In comparison, the adhesion process of TSCs was also 
monitored by TSM resonators. Admittance spectrums of 
TSM resonators with TSC suspensions were acquired, and 
the corresponding resonance frequencies were extracted 
from them (Wu et al. 2015). In the beginning, as a great 
number of TSCs fell down and attached to the electrodes, 
the resonance frequency shift decreased sharply. With more 
and more TSCs finishing attachment, starting to spread, and 
forming focal adhesions, the viscoelasticity of the attached 
cells changed accordingly, and the resonance frequency shift 
of the TSM resonators increased and then decreased again. 
Compared with the TSM resonators, the trigger of Love 
wave sensor response was primarily limited to the forma-
tion of bonds between the TSCs and the substrate. Attributed 
to a larger decay distance of acoustic wave penetration into 
the liquid medium, the response of TSM resonators may 
be affected by more unexpected surrounding factors. The 
Love wave sensor exhibits high sensitivity to surface per-
turbations, especially bonds formed within the relatively 
short distance from the surface, indicating their potential 
for investigating subtle interactions between cell membranes 
and substrates involved in a variety of cellular activities.

Conclusions

In this study, a 36º YX-LiTaO3-based Love wave sen-
sor with a parylene-C wave guiding layer is adopted as 
a cell-based biosensor to monitor the adhesion process 
of TSCs, a kind of cell newly discovered in tendons. A 
theoretical model is proposed in which the cells attached 
to the surface of the device are considered as a viscoelas-
tic layer. The Love wave propagation in different layers, 
including the wave guiding layer, adherent cell layer, and 
liquid medium are described. The effects of viscoelastic 
cell layer and wave guiding layer on both the propagation 
velocity υ and propagation loss PL are investigated. The 
numerical results indicate that the adherent cells of dif-
ferent storage or loss shear modulus in certain ranges can 
induce pronounced and characteristic variations in υ and 
PL, revealing the potential of Love wave sensors to pro-
vide useful quantitative measures on cellular mechanical 
properties. In comparison, the thickness and viscosity of 
the parylene-C wave guiding layer have limited influence 
on the changes of υ and PL of Love wave sensors. The 
sensor response to the adhesion process of TSCs exhib-
its high consistency with the experimental observations, 
providing a recommended method to investigate a series 
of cellular activities. Based on it, the theoretical model 
proposed in this work is validated further for designing a 
Love wave biosensor, which can contribute to Love wave 
sensor applications.
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