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1. Introduction

The function of molecular imaging is to help study biological processes in vivo at the cellular
and molecular levels [1, 2, 3, 4, 5]. It may non-invasively differentiate normal from diseased
conditions. The imaging of molecular signatures, speci�c p roteins and biological pathways al-
lows early diagnosis and individualized therapies, leading to the so-called molecular medicine.
While some classic techniques do reveal information on micro-structures of the tissues, only re-
cently have molecular probes been developed along with associated imaging technologies that
are sensitive and speci�c for detecting molecular targets i n animals and humans. A molecular
probe has a high af�nity for attaching itself to a target mole cule and a tagging ability with a
marker molecule that can be tracked outside a living body. Among molecular imaging modal-
ities, optical imaging, especially �uorescence and biolum inescence imaging, has attracted re-
markable attention for its unique advantages, especially performance and cost-effectiveness.

Among various optical molecular imaging techniques, bioluminescence tomography (BLT)
[6, 7, 8] is an emerging and promising bioluminescence imaging modality. In contrast to �u-
orescent imaging, there is no background auto-�uorescence with bioluminescence imaging.
The introduction of BLT relative to planar bioluminescence imaging can be, in a substantial
sense, compared to the development of x-ray CT based on radiography. Without BLT, biolumi-
nescence imaging is primarily qualitative. With BLT, quantitative and localized analyses of a
bioluminescent source distribution become feasible in a mouse.

Optical molecular imaging of mice is of paramount importance because of the availability
of genetically homogeneous inbred strains of mice and the creation of transgenic strains car-
rying activated and inducible forms of oncogenes or knockouts of tumor suppressive genes.
Mice are used in over 90% of mammalian research studies. Mouse models are established for
over 90% of human diseases. Currently, results from leading groups all suggest that in favor-
able cases with strong prior knowledge BLT can produce valuable tomographic information
[7, 9, 10, 8, 11, 12, 13, 14, 15, 16, 17, 18, 19]. One category of the favorable cases is that a
relatively small source permissible region is known prior to the BLT reconstruction. Neverthe-
less, it is not always reliable or feasible to de�ne such a per missible region effectively. In brief,
it remains extremely challenging to achieve a signi�cantly better and consistently stable BLT
performance.

Zhao et al. have recently reported that bioluminescent spectra can be signi�cantly affected
by temperature [20]. As it is well known, when the luciferase is combined with the substrate
luciferin, oxygen and ATP, biochemical reactions occur to emit bioluminescent photons. Lu-
ciferase enzymes from �re�y (FLuc), click beetle (CBGr68, C BRed), and Renilla reniformins
(hRLuc) have different emission spectra that are temperature dependent. When temperature is
increased from 25�C to 39�C, the brightness increases in general. Moreover, FLuc has a 34 nm
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Fig. 1. Spectra of FLuc at 25�C, 29�C, 33�C and 37�C (data from [20] with permission).

spectral red shift, as shown in Fig. 1 [20].
The Fluc spectrum may be partitioned into the following three bands: [500;590], [590;625],

and [625;750] nm. The �rst spectral interval covers cyan, green and yellow . The second interval
is essentially for orange. The last interval is for red. The rationale for this particular partition is
that these intervals contain very similar amounts of bioluminescent energy at the mouse body
temperature 37�C. Table 1 lists percentages of energy in each spectral band along with the
normalized total energy at different temperatures. While the original data in the temperature
range [25�, 39�]C are available [20, 21], the data at 41�C are from a third order polynomial
extrapolation with least-square �tting.

Table 1. Percents of energy in each spectral band along with the normalized total energy
at different temperatures (The data from 25�C to 39�C are from [20, 21] with permission).
The data at 41�C are from our extrapolation. The total energy is normalized by the total
energy at 37�C.

Temperature Spectral Band Normalized
[500;590] nm [590;625] nm [625;750] nm Total Energy

25�C 0:4934 0:2707 0:2359 0:6053
27�C 0:4438 0:2830 0:2732 0:6713
29�C 0:4021 0:2942 0:3037 0:7400
31�C 0:3668 0:3042 0:3290 0:8093
33�C 0:3364 0:3130 0:3506 0:8771
35�C 0:3095 0:3204 0:3701 0:9414
37�C 0:2844 0:3264 0:3892 1:0000
39�C 0:2598 0:3307 0:4095 1:0509
41�C 0:2340 0:3335 0:4325 1:0921

We have recognized the aforementioned temperature dependence of bioluminescence as
a major opportunity to overcome the inherent illposedness of bioluminescence tomography
(BLT). As shown in Table 1, from 25�C to 41�C the total emitted energy is increased as much
as about 80%. While the energy percentages in [590;625] nm and [625;750] nm become grad-



ually larger, that in [500;590] nm is accordingly reduced. More interestingly, when the tem-
perature is elevated from 37�C to 41�C, the total energy in [590-750] nm will be increased by
about 17%. In bioluminescence imaging, such a magnitude of a bioluminescent source change
can be reliably recorded on the body surface of a mouse. For that purpose, we need to heat a
bioluminescent source region in a well-controlled manner. If such a heated target is small, we
will actually be able to pinpoint a source location and quantify it assuming a known physical
model of the mouse. If the heated volume is not that small, we can at least delimit a much-
reduced bioluminescent source permissible region, which will in turn greatly improve the BLT
reconstruction quality.

In this paper, we propose to develop the �rst temperature-mo dulated bioluminescence to-
mography (TBT) system [22]. Our fundamental idea is to produce a small hot spot (or a differ-
ently shaped volumetric region) in a living mouse, and measure the signal of difference on the
body surface of the mouse for BLT. The key components of a TBT system include a heating
system such as a focused ultrasound array and a traditional BLT system. It is the temperature-
modulated, spectrally and temporally resolved data collected using the TBT system that allows
us to convert the ill-posed BLT problem into a better-conditioned or well-posed TBT one, and
promises major gains in the BLT reconstruction performance in terms of localization, quan-
ti�cation and robustness. In the second section, we describ e the ultrasound heating principles
and a design of a focused ultrasound array. In the third section, we formulate the temperature-
modulated bioluminescence imaging process and present a TBT algorithm. In the fourth sec-
tion, we report our numerical simulation results. In the last section, we discuss relevant issues
and conclude the paper.

2. Ultrasound heating

2.1. System design

Ultrasound has been widely used for heating in hyperthermia. In non-elastic media such as wa-
ter and tissue, ultrasound energy of low intensity can be directly converted into heat by inelastic
scattering. More dramatic heat production is due to the cavitation [23, 24]. Although diagnostic
ultrasound normally operates at the frequency range of 1-20 MHz [25], the penetration depth
of high frequency ultrasound waves is very short. Therefore, frequencies of 1-3MHz are com-
monly used to achieve up to 60 mm penetration depth [26] in tissue. Typically, ultrasound is
generated using transducers made of piezoelectric materials. The resonance frequency of an
ultrasound transducer depends on its size, shape and thickness, and can be modeled by plate
and beam theory [27, 28]. Many ultrasound heating devices are constructed under the name of
high intensity focused ultrasound (HIFU) [25, 29, 30, 31, 32, 33, 34, 35, 36, 37], which are
made in a disk shape to focus into a small volume. The HIFU systems are mostly designed for
large areas (a few centimeters in each dimension) and high temperatures (up to 80�C), see Ref.
[38] for a review.

Hyperthermia has a cytotoxic effect on the cells. It causes responses in cell membranes, cy-
toskeleton, cellular proteins, nucleic acids and cellular immune systems [39]. After exposure
to greater than 42�C for suf�ciently long time, cells develop thermotolerance as an antagonist
of the hyperthermic cell death. Hyperthermia also enhances the cytotoxicity of various anti-
neoplastic agents. It induces alternations of blood �ow and changes in microenvironment. An
internal temperature above 50�C (122�F) will lead to immediate cell death. In this TBT project,
we heat each tissue spot up to 43�C for a relatively short time period.

To improve the heating locality, a cylindrical transducer array was designed by Lu at al. [40].
This array was mounted on a 3D translation table. Numerical simulation of similar systems was
reported by Ju at al. [41]. However, these applicators were intended for breast hyperthermia.
Their control parameters are unsuitable for TBT of small animals. Only recently, Singh et al.
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designed a small animal hyperthermia ultrasound system (SAHUS) to study tumour hypoxia
[42, 43, 44]. The SAHUS consisted of an acrylic applicator with up to four 5MHz ultrasound
transducers, a 10-channel RF generator, a 16-channel thermocouple thermometer, and a PC.
The system allows real-time temperature feedback control of power deposition. It can pro-
duce hyperthermia within a narrow temperature range (regulation error: 0:02�0:01�C) around
41:5�C. Although this system uses non-focused ultrasound transducers, it can heat small tumors
of 8 mm in diameter with the aid of interstitial thermocouples. Clearly, it is desirable for TBT
to produce a smaller heated volume without interstitial thermocouples.

As shown in Fig. 2, we propose to use a cylindrical focused ultrasound array system to
demonstrate the feasibility of TBT. The ultrasound applicator is a multi-transducer array
mounted on a cylindrical supporter of 10 cm diameter. The applicator may be mechanically
moved with respect to the mouse so as to scan a suf�ciently lar ge volume of interest with a
precision of 0:2 mm in each dimension. The spherical focusing transducers are driven by mul-
tichannel RF generators containing function generators and power ampli�ers under PC control.

2.2. Pressure �eld expression

The ultrasound absorption power density can be estimated using an empirical formulas based
on the exponential decay law of ultrasound intensity in tissue [45]. The speci�c absorption rate
can be computed from the ultrasound pressure distribution. The ultrasound wave propagation in
lossy media is usually associated with dispersion and acoustic attenuation, typically exhibiting a
frequency dependency [46]. A more sophisticated treatment involves a time-domain attenuation
model and multiple relaxation channels [47, 48, 49, 50, 51, 52, 53, 54, 55].

Ultrasound motion is governed by the wave equation, which gives rise to the Helmholtz
equation in the frequency domain via the time harmonic approximation [56]. The full wave
modeling of therapeutic ultrasound propagation in �uids wa s provided by Ginter et al. [57].
Alternatively, the equation for the sound pressure can be derived from the Navier-Stokes type
of equations of gas dynamics. Using the conservation laws of mass and momentum, Liebler et
al. [58] derived hyperbolic equations for the ultrasound pressure �eld. McGough et al. [59, 60]
developed an ef�cient grid sectoring method for calculatio n of the near-�eld pressure.

In our system of Nt spherical focusing transducers targeting the center of the cylindrical
ring, the pressure �eld at a given position x can be estimated from the Rayleigh-Sommerfeld



radiation integral equation [61, 62]

p(x) =
iρc
λ

Z

S0
u

e�(α+ik)jx�x0j

jx � x0j
dS; (1)

where S0 denotes the total surface area of the transducers, ρ the density of the medium, c the
phase velocity of the sound wave, u the velocity amplitude, λ the wavelength, k the wavenum-
ber, α the attenuation coef�cient, and x0 2 S0. The surface of each spherical focusing transducer
can be partitioned into N rectangular elements. For a suf�ciently �ne partition, the formula by
Ocheltree and Frizzell [61] can be modi�ed to calculate the p ressure �eld at x
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0
n) gives the coordinates of x in the local coordinate system associated with

the nth element (the origin at the center of the element, the z-axis passing through the focusing
center of the transducer), Ln is the distance between x and the center of the element, hx and hy

are the lengths of the element along the x0
n- and y0

n-axes respectively, un =
q
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ρcA is the velocity
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�

the surface

area of the transducer, where d is the diameter of the transducer, and R the radius of the cylinder.

2.3. Bioheat transfer model

To reduce re�ection, both the ultrasound applicator and the corresponding part of the mouse
body surface are immersed in water during the heating process. Then, we can assume that
the density and the speed of ultrasound in two layers are suf� ciently close so that re�ection
and refraction at the water-tissue interface are negligible [40, 63]. Furthermore, the ultrasound
power deposition can be regarded as stationary.

The ultrasound thermal transport process in phantom and in vivo is modeled using Pennes’
bioheat transfer equation [64, 40, 65]

ρct
∂T
∂ t

= κ∇2T � cbω(T � Ta)+Q; (3)

where ρ is the tissue density, T the temperature �eld, Ta the normal body temperature of the
mouse (also the water temperature), κ the thermal conductivity of the tissue, ct and cb are the
speci�c heat of tissue and blood, respectively, ω is the blood perfusion rate, Q the absorption
power density given as Q = ρq, and q is the speci�c absorption rate. We have [65, 41]

q =
αjpj2

ρc
; (4)

where α is the ultrasound absorption coef�cient of tissue, c the speed of sound, and p the
ultrasound pressure �eld. At each point, the speci�c absorp tion rate can be calculated as the
sum of the contributions from all of the transducers. As heating time is relatively long and the
heating power is relatively low, the temperature �uctuatio n can be neglected. Thus, a steady
state bioheat transport equation is obtained as follows:

κ∇2T � cbω(T � Ta)+Q = 0: (5)



3. Image reconstruction

3.1. BLT formulation

Since TBT is an extension of BLT, let us �rst give an overview o f the BLT formulation in
the single and multispectral cases, using the notation in [8]. Bioluminescent photon scattering
dominates over absorption in the biological tissue. Hence, this photon transport process can be
modeled by the following steady-state diffusion equation [66, 8]:

8

<

:

�∇ � (D(x)∇Φ(x))+ µa(x)Φ(x) = S(x) (x 2 Ω)
D(x) = (3(µa(x)+(1 � g)µs(x)))�1

Φ(x)+2A(x;n;n0)D(x)(v(x) � ∇Φ(x)) = 0 (x 2 ∂Ω)
(6)

where Ω denotes the region of interest, Φ(x) the photon �uence [Watts/mm 2] at location x,
S(x) the bioluminescent source density [Watts/mm3], µa(x) the absorption coef�cient [mm �1],
µs(x) the scattering coef�cient [mm �1], g the anisotropy parameter, ∂Ω the boundary of Ω, v
the unit outer normal on ∂Ω, A(x;n;n0) a function depending on the refractive indices n for Ω
and n0 for the surrounding medium. Since both the ultrasound applicator and the corresponding
part of the mouse body surface are immersed in water in the heating process, the surrounding
medium is water with n � n0 = 1:33. In this case A(x;n;n0) � 1. In our study, we assume that the
bioluminescence imaging experiment is performed in a totally dark environment. The outgoing
photon density on ∂Ω is:

Q(x) = �D(x)(v � ∇Φ(x)) = Φ(x)=(2A(x;n;n0)) (x 2 ∂Ω): (7)

Then, the BLT problem is to determine a source S given measurement data Q based on Eq. (6).
Using the �nite-element method to solve the BLT problem, we h ave [8]:

[M]fΦg = [F ]fSg: (8)

Furthermore, we can write Eq. (8) as
�

M1;1 M1;2

MT
1;2 M2;2

��

�Φ
Φ�

�

=

�

F1;1 F1;2

F2;1 F2;2

��

Sp

S�

�

; (9)

where �Φ represents the measurable photon density values of the �nit e element nodes on the
boundary ∂Ω, and Φ� the photon density values of the internal nodes, while the source vector S
is divided into Sp in a permissible region Ωs and S� = 0 in the forbidden region. The permissible
region is where a bioluminescent light source may exist, while the forbidden region is where
no bioluminescent light source could exist. Now the equation can be reduced to [8]

�Φ = BSp; (10)

where B = (M1;1 � M1;2M�1
2;2 MT

1;2)
�1(F1;1 � M1;2M�1

2;2 F2;1).
In a BLT experiment, the output photon �ux Q(x) from a mouse is captured with a CCD

camera. By Eq. (7), the photon density on the mouse body surface can be obtained from Q(x).
With the measurement of �Φ denoted as Φm, our problem is to recover the source Sp from Φm

based on Eq. (10). Since the measured data are necessarily corrupted by noise, it is not optimal
to invert Eq. (10) strictly. We minimize the following objective function to perform a BLT
reconstruction:

O(Sp) = ( �Φ � Φm)TW ( �Φ � Φm)+ εη(Sp); (11)

where W denotes weighting matrix, η a stabilizing function, ε a regularization parameter [8]. In
our study, we set η(X) = XT X . Although the regularizaion method is widely used to overcome



the ill-posedness of an inverse problem, there is not a well-accepted governing theory on the
optimal selection of the stabilizing function and its regularization parameter. If the problem
is more strongly regularized, the solution will be more stable but the error will be larger. In
general, the regularization method must be �ne-tuned in the simulation and experiments.

Now, we are ready to formulate multi-spectral BLT (MBLT) as an extension of the above
single-spectral formulation. First, let us assume no knowledge on the spectral pro�le of an
underlying bioluminescent source, such as in the case of mixed bioluminescent probes with
unknown concentrations. At each wavelength of interest λi, we have

�Φλi
= Bλi

Sp
λi

: (12)

The corresponding objective function is

OM(Sp) =
n

∑
i=1

(( �Φλi
� Φm

λi
)TWλi

( �Φλi
� Φm

λi
)+ ελi

ηλi
(Sp

λi
)); (13)

where n is the number of spectral bands, Wλi
a weighting matrix for spectrum λi. Then, the

MBLT problem is just to �nd minimizers for OM(Sp). In a more general scenario, there are
several bioluminescent probes working together, these probes may have different temperature-
dependent spectra. To recover the concentrations of these probes, we assume that the under-

lying source contain k bioluminescent probes Pj with corresponding spectral weights w
Pj

λi
,

j = 1; : : : ;k. By solving the following linear system, X j (the power for Pj) can be recovered.
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(14)

Clearly, n � k is needed for a unique solution to the linear system. Note that in the case of only
one bioluminescent probe in a mouse, Eq. (12) can be enhanced as [13]

�Φλi
= wλi

Bλi
Sp;and (15)

OM(Sp) =
n

∑
i=1

(( �Φλi
� Φm

λi
)TWλi

( �Φλi
� Φm

λi
)+ ελi

ηλi
(Sp)); (16)

where n is the number of spectral bands, Wλi
a weighting matrix for spectrum λi.

3.2. TBT algorithm

In the TBT process, we �rst record bioluminescent data on the body surface of a mouse at the
body temperature, and may perform a regular BLT reconstruction. Based on all the information
we collect, we can determine which regions should be heated for improvement of the BLT
reconstruction. For example, we may evaluate all the elements in the permissible region via
a cluster analysis, which is a well-established methodology in pattern recognition to merge
�nite elements of bioluminescent sources into localized gr oups. Then, we may use minimal
spheres to cover identi�ed clusters, and heat each of such sp heres to collect bioluminescent
data again. If there is a signi�cant difference between the d ata before and after heating, a TBT
reconstruction will be performed from the difference signal for the heated volume. If any heated
volume does not produce a signi�cant change in the biolumine scent signal, the previous BLT
reconstruction in that region is considered invalid, and we need to select a different permissible
region. Generally speaking, any body region R in a mouse can be heated to determine if there



exists any bioluminescent source, and if so we can perform a TBT reconstruction based on
the difference data measured on the mouse body surface before and after heating. Assuming
that the temperature-dependent spectrum of the bioluminescent probe is known, we have the
following two major TBT cases that involve (i) spectrally mixed and (ii) multi-spectral datasets,
respectively.

In the case of a spectrally mixed dataset, at the reference temperature (the body temperature),
we have

�Φ =
n

∑
i=1

wλi
Bλi

Sp
I +

n

∑
i=1

wλi
B0

λi
Sp

O; (17)

where Sp
I and Sp

O are the source vectors inside and outside the heated region, respectively. After
heating, we have

�ΦH = t
n

∑
i=1

w0
λi

Bλi
Sp

I +
n

∑
i=1

wλi
B0

λi
Sp

O; (18)

where t is the normalized total energy at the elevated temperature, as shown in Table 1, w0
λi

denotes the spectral weight at λi at the elevated temperature, and wλi
and w0

λi
are available in

Table 1. Now, let us compute the signal difference again,

�ΦD = �ΦH � �Φ =
n

∑
i=1

(tw0
λi

� wλi
)Bλi

Sp
I : (19)

Therefore, we have the following objective function for TBT:

O(Sp
I ) = ( �ΦD � Φm

D)TW ( �ΦD � Φm
D)+ εη(Sp

I ); (20)

where W is a weighting matrix.
In the case of a multi-spectral dataset, for each spectral band we have

�Φλi
= wλi

Bλi
Sp

I +wλi
B0

λi
Sp

O:

After heating, we have
�ΦH;λi

= tw0
λi

Bλi
Sp

I +wλi
B0

λi
Sp

O:

Then, the difference signal and the objective function become

�ΦD;λi
= �ΦH;λi

� �Φλi
= (tw0

λi
� wλi

)Bλi
Sp

I ; and (21)

OM(Sp
I ) =

n

∑
i=1

(( �ΦD;λi
� Φm

D;λi
)TWλi

( �ΦD;λi
� Φm

D;λi
)+ ελi

ηλi
(Sp

I )); (22)

where Wλi
is a weighting matrix for spectrum λi.

Assuming that there are a number of temperature-dependent spectra from multiple kinds of
bioluminescent probes, we generally do not know the concentrations of these probes at any
particular location. In this case, we can perform a TBT reconstruction for each spectral band.
After the bioluminescent power in each band is obtained, we can solve a linear equation system
similar to Eq. (14) for 3D reconstruction of the concentrations of these probes.

4. Simulation results

4.1. Ultrasound heating simulation

The simulation was carried out on a workstation with a FORTRAN code. The standard second
order �nite difference scheme was used for discretizing the bioheat equation. A resolution of
0:1 mm/MHz was used to ensure the accuracy. In our simulation, we set the average speed of
sound c = 1540 m/s, the speci�c heat of tissue ct = 4186 J/kg �C and the ultrasound absorption
coef�cient α = 8:6 fm1:5 Np/m [67, 68, 41, 65].




