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Abstract 
Rationale: Magnetic resonance imaging (MRI) is one of the most widely used diagnostic tools in the clinic. In this setting, real-time 
monitoring of therapy and tumor site would give the clinicians a handle to observe therapeutic response and to quantify drug amount 
to optimize the treatment. In this work, we developed a liposome-based cargo (cancer drugs) delivery strategy that could 
simultaneously monitor the real-time alternating magnetic field-induced cargo release from the change in MRI relaxation parameter R1 
and the location and condition of liposome from the change in R2. The tumor site can then be monitored during the cargo release 
because liposomes would passively target the tumor site through the enhanced permeability and retention (EPR) effect. Physical insights 
from the experimental results and corresponding Monte Carlo spin dynamics simulations were also discussed. 
Methods: Superparamagnetic iron oxide (SPIO) nanoparticles, diethylenetriaminepentaacetic acid gadolinium(III) (Gd(III)-DTPA), and 
a model cancer drug (fluorescein) were co-loaded in PEGylated thermosensitive liposomes. The liposomes were characterized by 
transmission electron cryo-microscopy (cryoTEM), dynamic light scattering (DLS), and inductively coupled plasma optical emission 
spectrometry (ICP-OES). Alternating magnetic field (AMF) was used to create controlled mild hyperthermia (39-42°C) and facilitate 
controlled cargo (fluorescein) release from the thermosensitive liposomes. MRI relaxation parameters, R1 and R2, were measured at 
room temperature. The temporal variation in R1 was used to obtain the temporal profile of cargo release. Due to their similar sizes, 
both the gadolinium and cargo (model cancer drug fluorescein) would come out of the liposomes together as a result of heating. The 
temporal variation in R2 was used to monitor SPIO nanoparticles to enhance the tumor contrast. Monte Carlo spin dynamics 
simulations were performed by solving the Bloch equations and modeling SPIO nanoparticles as magnetized impenetrable spheres. 

Results: TEM images and DLS measurements showed the diameter of the liposome nanoparticle ~ 200 nm. AMF heating showed 
effective release of the model drug. It was found that R1 increased linearly by about 70% and then saturated as the cargo release process 
was completed, while R2 remained approximately constant with an initial 7%-drop and then recovered. The linear increase in R1 is 
consistent with the expected linear cargo release with time upon AMF heating. Monte Carlo spin dynamics simulations suggest that the 
initial temporal fluctuation of R2 is due to the plausible changes of SPIO aggregation and the slow non-recoverable degradation of 
liposomal membrane that increases water permeability with time by the heating process. The simulations show an order of magnitude 
increase in R2 at higher water permeability.  

Conclusion: We have performed MR parameter study of the release of a cargo (model cancer drug, fluorescein) by magnetic heating 
from thermosensitive multifunctional liposomes loaded with dual contrast agents. The size of the liposome nanoparticles loaded with 
model cancer drug (fluorescein), gadolinium chelate, and SPIO nanoparticles was appropriate for a variety of cancer therapies. A careful 
and detailed analysis with theoretical explanation and simulation was carried out to investigate the correlation between MRI relaxation 
parameters, R1 and R2, and different cargo release fractions. We have quantified the cargo release using R1, which shows a linear relation 
between each other. This result provides a strong basis for the dosage control of drug delivered. On the other hand, the fairly stable R2 
with almost constant value suggests that it could be used to monitor the position and condition of the liposomal site, as SPIO 
nanoparticles mostly remained in the aqueous core of the liposome. Because our synthesized SPIO-encapsulated liposomes could be 
targeted to tumor site passively by the EPR effect, or actively through magnetofection, this study provides a solid ground for developing 
MR cancer theranostics in combination of this nanostructure and AMF heating strategy. Furthermore, our simulation results predict a 
sharp increase in R2 during the AMF heating, which opens up the exciting possibility of high-resolution, high-contrast real-time imaging 
of the liposomal site during the drug release process, provided AMF heating could be incorporated into an MRI setup. Our use of the 
clinically approved materials, along with confirmation by theoretical simulations, make this technique a promising candidate for 
translational MR cancer theranostics. 

Key words: magnetic resonance theranostics, magnetic hyperthermia, alternating magnetic field (AMF), AMF-controlled drug release, 
thermosensitive multifunctional liposome  
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Introduction 
Cancer is the second highest leading cause of 

death worldwide, after cardiovascular diseases. 
Recently developed cancer theranostic approaches 
provide a promising direction to detect and treat 
cancer simultaneously [1–6]. This kind of molecular 
therapeutics, coupled with biomedical imaging, 
enhances the scope and efficacy of the treatment. 
For example, one of the major challenges to treat 
cancer by chemotherapy is to deliver the required 
high dose at tumor sites while minimizing the toxic 
effects on the benign tissues. Nanoparticle-mediated 
targeted and controlled drug delivery along with 
real-time imaging could achieve the desired result 
by reducing harmful effects on the benign tissues.  

Nanovehicles of optimum size, functionality to 
target tumor cells, and capability to carry both the 
drug and contrast agent and deliver drugs at the 
tumor site under external signaling are required for 
such a theranostic procedure [7–9]. Various kinds of 
nanovehicles have been developed recently for the 
purpose of targeted delivery and controlled drug 
release [7–15]. Among them, promising candidates 
are liposomes [16–22] that have shown appealing 
features for drug delivery, biocompatibility, and 
clinical efficiency. Pharmacokinetic properties of the 
drug are significantly altered after encapsulation in 
the liposome and the toxicity of the drug is 
substantially reduced [23]. Furthermore, the drug is 
restricted from early activation during the 
circulation process. Different formulations of 
liposomes are now in clinical trial or already 
clinically approved [23–31]. They have been shown 
to be effective to decrease the off-target toxicity on 
other tissues. For example, liposomal anthracycline 
delivery reduces cardiotoxicity [23]. However, no 
significant increase in the therapeutic efficacy has so 
far been found in the clinical trials [23].  

To alleviate this problem, liposome extravasa-
tion and bioavailability could be increased with the 
use of mild hyperthermia (39-42°C) [23, 32–35]. 
Moreover, by increasing the concentration of drug 
at the tumor site through the leaky vascular 
permeability, chemotherapy at a slightly higher 
temperature has shown improved efficacy of the 
drugs. It has been found that a series of drugs show 
improved efficiency by heat activation. The 
synergistic effect of hyperthermia and 
chemotherapy are far more effective than the 
monotherapies [36–40]. The enhanced efficiency of 
the drugs has been attributed to the higher level of 
tumor perfusion, resulting in increased sensitivity to 
the tumor area [23]. Recent studies also showed that 
under mild hyperthermia, heat shock proteins 
released during cell necrosis acted as a trigger for 
antitumor immunity, thus regressing the tumor and 
reducing metastasis [41]. Hence, a combination of 
mild hyperthermia and significantly increased 
amount of drug delivery at the tumor site while 

reducing any interaction of the drugs with the 
healthy tissues along with simultaneous monitoring 
of the drug release and tumor site would be a vastly 
improved form of chemotherapy that could 
considerably improve the efficiency of the 
treatment. 

Hyperthermia can be created by different 
methods such as a water bath [34], high intensity 
focused ultrasound (HIFU) [42–44], and alternating 
magnetic field (AMF) induced heat [45–48]. 
However, water baths could not provide spatially 
accurate treatment and HIFU is restricted in its 
ability for deep thermal therapy to a large area or 
penetrating bone and air. Here, the use of AMF to 
create mild hyperthermia has the advantages of 
achieving high accuracy in a specific area along with 
higher penetration capability, which is an 
alternative approach for disrupting the blood brain 
barrier [49]. Most importantly, as an ongoing project 
in our group, the AMF facility could be integrated 
into the existing MRI instrumentation and 
radio-frequency amplifiers for MR theranostics to 
simultaneously treat the cancer by using AMF and 
monitor the cancer treating process. 

 To complete such a drug delivery scheme, it is 
essential to have an efficient real-time monitoring 
system to observe and control the drug release at the 
target site [50–53]. MRI is a powerful noninvasive 
imaging modality in this regard, which has no 
harmful radiation and has general clinical 
acceptance. Previous studies have shown the 
single-modal MRI-guided drug delivery systems 
[34, 43, 54, 55]. However, it is important to monitor 
simultaneously both the drug release and tumor site 
for an effective therapy. Dual-modal imaging is 
recommended over single-modal, as the latter could 
provide more handle to the clinicians to optimize 
the personalized treatment for better point-of-care. 
Combination of other imaging modalities might 
increase the scope of such treatments [56–58]. 
However, it is often restricted by high-energy 
ionizing radiation or limited penetration through 
the body. Hence, dual-modality within the scope of 
MRI could eliminate such restrictions for a 
successful treatment. 

In clinical settings, clinicians mainly rely on 
either positive contrast T1-weighted imaging or 
negative contrast T2-weighted imaging. However, a 
combination of both could provide insights on both 
the pathological phenomena and soft tissue 
anatomy to improve MR cancer imaging for stage 
detection, early diagnosis, and vascular imaging 
[59]. Therefore, many studies have turned to the 
design of encapsulating dual-modal MRI contrast 
agents in different formulations of liposomes and 
other nanocarriers [44, 60–68]. For example, Bos and 
coworkers [44] have shown the encapsulation of 
superparamagnetic iron oxide (SPIO) nanoparticles 
and Gd-chelate (ProHance) in liposomes for dual 
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modal MRI. They have demonstrated in vivo HIFU 
treatment and discussed corresponding relaxation 
parameter changes. Other studies include different 
formulation of dual-modal MR contrast agents, such 
as synthesis of gadolinium and iron oxide- 
conjugated nanoparticles [61], surface functional-
ization of SPIO-encapsulated liposome with 
gadolinium chelates [64, 67], size-controlled iron 
oxide nanoparticles [63] etc. Novel nanoparticle 
formulations with iron and manganese were 
developed for dual modal imaging and future 
theranostic purposes [68]. 

In this work, we have encapsulated SPIO 
nanoparticles, diethylenetriaminepentaacetic acid 
gadolinium(III) dihydrogen salt hydrate (Gd(III)- 
DTPA, commercially known as Magnevist) 
molecules, and a commonly used small molecule 
model cancer drug (a fluorophore tracer, fluorescein 
[48, 69–71]) into the thermosensitive liposome 
nanoparticles. We have demonstrated real-time 
AMF-controlled fluorescein release under mild 
hyperthemia and done a careful characterization of 
dual MRI parameters -- longitudinal relaxation rate 
(R1) and transverse relaxation rate (R2) with 
different amounts of cargo (fluorescein) release, as 
shown schematically in Figure 1. Gd(III)-DTPA 
molecules are released simultaneously with the 
cargo (fluorescein), changing R1 and making it 
sensitive to the percentage of cargo release. R2 
parameter monitors SPIO nanoparticles. We have 
done detailed analysis and explained the correlation 
between the relaxation parameters and cargo release 
with mathematical modelling and Monte Carlo spin 
dynamics simulations. Synthesized liposomes could 
be efficiently targeted to specific tumor sites 
through magnetic force [72, 73] or active targeting 
[16, 74]. Hence, this work serves as a proof of 
concept for future MR theranostic approach, which 
could simultaneously fulfill all three important 
needs: 1) on demand cargo release using 
AMF-controlled mild hyperthermia; 2) monitoring 

the position and condition of liposomal 
accumulation site (such as tumor) throughout the 
measurement by monitoring R2; 3) dosage control of 
the cargo release process by monitoring R1 
parameter. Although we demonstrated our method 
using a model drug, existing in vivo and in vitro 
cancer drug release data and the associated 
diffusion models [75, 76] provide a strong basis for 
the validity of our results for real cancer drug 
release in animal body.  

Here, we have used clinically approved 
formulations, so it has the potential to get readily 
adapted with magnetofection or any existing 
targeting approach. Theoretical simulations were 
carried out to understand the dynamical process 
during the AMF heating and a qualitative confirma-
tion has been reached. The expected sharp rise in R2 
with slightly increased water permeability of 
liposome, as seen from the simulations, indicates 
the possibility of high-resolution, high-contrast MR 
imaging of the liposomal site in in situ 
measurements.  

Materials and Methods 
Preparation of hydrating solution 

Dextran-coated iron oxide nanoparticles of 
diameter 5-10 nm with 10 mg/ml concentration 
were bought from Ocean Nanotech, USA. 0.5 ml of 
iron oxide solution was added to 1.5 ml of 
phosphate buffer saline (PBS, 100 mM) (Sigma 
Aldrich) containing Gd (III)-DTPA (Sigma Aldrich) 
and fluorescein (Sigma Aldrich) to obtain a 2 ml 
hydrating solution with a final concentration of 200 
mM Gd (III)-DTPA and 100 mM fluorescein at pH 
7.4. 

Synthesis of liposome nanoparticles 
A total of 40 micromole of 1,2-dipalmitoyl-sn- 

glycero-3-phosphocholine (DPPC) (Avanti Polar 
Lipids, Inc.), 1,2-distearoyl-sn-glycero-3-phospho-

choline (DSPC) (Corden Pharma), Choles-
terol (Sigma Aldrich), and 1,2-distearoyl- 
sn-glycero-3-phosphoethanolamine-N-[ami
no(polyethylene-glycol)-2000] (DSPE-PEG( 
2000)) (Corden Pharma) in a molar ratio of 
67:15:13:5 were dissolved in chloroform/ 
methanol (2:1) (Sigma Aldrich) mixture to 
yield an uniform solution of density 
between 10-20 mg/ml. The homogeneous 
solution was evaporated under high 
vacuum at 40°C and kept for 5 hours in a 
rotatory evaporator for complete evapora-
tion of the organic solvent. The produced 
thin film was hydrated with hydrating 
solution containing iron oxide nano-
particles, Gd(III)-DTPA, and fluorescein at 
pH 7.4 for 1 hour in a rotatory evaporator 
at a constant speed at 65°C. The resulting 
solution was passed through 400 nm (31 

 

 
Figure 1. A schematic diagram of model drug/cargo (fluorescein) and contrast 
agents (magnetic nanoparticles and Gd(III)-DTPA) released from 
thermosensitive PEGylated liposomes under mild hyperthemia with 
alternating magnetic field (AMF). It illustrates the liposomes membrane permeability 
change and release of Gd(III)-DTPA and fluorescein upon AMF-induced heating. 
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times) and 100 nm (51 times) filters, respectively, 
during extrusion using a mini extruder (Avanti 
Polar Lipid, Inc.). Non-entrapped iron oxide 
nanoparticles, Gd(III)-DTPA, and fluorescein were 
removed by repeated washing using Sephadex 
G-25M PD-10 (Sigma Aldrich). The liposome 
solution was further purified by repeated filtration 
through 0.1 μm Amicon low-binding Durapore 
PVDF membrane (Millipore Corporation, Bedford, 
MA) at a centrifuge speed of 2000 rpm. 

Material characterization  
  The size and zeta potential analysis were 

performed by dynamic light scattering (DLS) using 
a Zetasizer Nano (Malvern Instruments Ltd., 
Worcestershire, U.K.). The sizes of the liposome 
nanoparticles were measured before and after 
heating in 100 mM PBS buffer. Zeta potential of the 
liposome solution was recorded in the deionized 
water. The morphology, distribution, and size of 
liposome nanoparticles were determined by 
transmission electron cryomicroscopy (CryoTEM). 
Grids were made by taking 2.5 μl of the liposome 
sample on a glow- discharged Quantifoil 
holey-carbon grid (SPI Quantifoil R1.2/1.3) [77]. The 
grids were subsequently blotted dry and about 100 
nm thick residual film of suspended solution across 
the holes in the grids was obtained by using a 
manual plunger. This solution was then rapidly 
plunged frozen around -196 oC into a 2:1 mixture of 
liquid propane: liquid ethane to produce a vitrified 
glassy solution within the holes. This quick freezing 
produced an amorphous ice-containing sample in 
the holy carbon film. The grid was then loaded with 
Gatan cryo specimen holder into FEI Titan Krios 
(Electron Imaging Center for NanoMachines, 
California NanoSystems Institute) microscope for 
imaging. The images were acquired by operating 
the machine at 200 kV with a TIETZ F415MP 16 
megapixel CCD camera.  

 The concentration of iron (Fe) or Gadolinium 
(Gd) were quantitatively determined by inductively 
coupled plasma optical emission spectrometry (ICP- 
OES) using a Shimadzu ICPE-9000 instrument. 
Different concentrations of liposome samples and 
supernatant solution were digested overnight with 
a 10 mL of aqua regia at 95°C. Afterward, the 
solution was diluted with a 2% of HNO3 solution for 
quantitative measurement. The calibration curves 
for Fe or Gd were obtained from 0 ppm to 10 ppm 
and the results were fitted to obtain Fe and Gd 
amounts.  

AMF-controlled cargo (model drug 
fluorescein) release 

The set up was the same as described in the 
previous studies [47, 48]. Superparamagnetic 
heating was executed using a Magnetic 
Hyperthermia System manufactured by MSI 
Automation Inc. A five-turn copper coil (both the 
height and diameter = 50 mm) was used for the 
experiment. The magnetic field oscillation 
frequency, amplitude, and induction power were 
375 kHz, 20 kA/m, and 5 kW, respectively. The 
fluorescence spectra were acquired using an Acton 
Spectra Pro 2300i CCD cooled below -120°C with 
liquid nitrogen. CUBE 445-40C laser (Coherent Inc., 
Santa Clara, CA, USA) was used for excitation at a 
wavelength of 448 nm and a power of 4 mW. 
Scattered and stray light beams were blocked with a 
long pass filter. 

Synthesized liposome solution was diluted 10 
times with 100 mM PBS buffer. 1 ml of the solution 
was exposed to AMF for 105 minutes. The 
fluorescence yield of fluorescein was measured after 
cooling the sample to room temperature at the end 
of each 15 minutes of AMF induced heating cycle. 
AMF heating would continuously increase the bulk 
temperature of the sample. The bulk temperature of 
the sample was measured using a thermometer at 
the end of each AMF induced 15-minute heating 
cycle. Thus, the measured temperature is the 
maximum temperature achieved at the end of the 
cycle. Each time, 50 μL of the sample was added to 
3.5 ml of PBS buffer (100 mM) in a standard 1 cm 
fluorescence cuvette. The intensity around the 
fluorescein emission maximum was integrated over 
the wavelength range from 510 nm – 520 nm for 
three scans. The process was repeated three times 
and averaged over three such integrated emission 
spectra. The errors were computed from the 
standard deviation of three measurements. The 
fluorescence spectra of PBS were recorded in an 
identical way and used as the background for all the 
analyses. 

In order to determine the percentage of cargo 
release as a result of AMF heating, the sample was 
completely lysed with a solution of 60 μL of 10% 
triton X-100 and fluorescence spectra were acquired. 
The fluorescence spectra were acquired for 10% 
Triton added PBS buffer and a background 
spectrum for triton was obtained without adding 
the sample to the triton solution. The percentage of 
cargo release in each case was calculated according 
to the equation [45]: 

 

𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶 𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟 (%) =  �
𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹 𝑜𝑜𝑜𝑜 𝐴𝐴𝐴𝐴𝐴𝐴 𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡 𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠 − 𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹 𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏 𝐴𝐴𝐴𝐴𝐴𝐴 𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡
𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹 𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎 𝑙𝑙𝑙𝑙𝑙𝑙𝑙𝑙𝑙𝑙𝑙𝑙 𝑤𝑤𝑤𝑤𝑤𝑤ℎ 𝑇𝑇𝑇𝑇𝑇𝑇𝑇𝑇𝑇𝑇𝑇𝑇 − 𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹 𝑜𝑜𝑜𝑜 𝑇𝑇𝑇𝑇𝑇𝑇𝑇𝑇𝑇𝑇𝑇𝑇 𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵

�  

× 100%  
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Tracking MRI parameters 
The samples with different cargo release were 

collected and the relaxation rates were measured 
using a 600 MHz (AV600, Bruker) Nuclear Magnetic 
Resonance (NMR) spectrometer and micro-imaging 
setup. The relaxation rates of the sample after 
complete lysing by Triton X-100 were also 
measured. R1 was measured using the saturation 
recovery pulse sequence and R2 was measured by 
the CPMG (Carr-Purcell-Meiboom-Gill) pulse 
sequence. The relaxation delay time was varied 
from 5-15 s, depending on the samples and the 
number of scans was = 1. The saturation time was 
300 ms and time of recovery was ranging from 5 ms 
to 10 s for saturation recovery pulse sequence. For 
CPMG pulse sequence, half of the interval between 
successive 180o pulses (τCP) was = 500 μs and time of 
echo (TE) was ranging from 2 to 100 ms. Each 
measurement was repeated three times and the 
average value was taken. The errors were calculated 
from the standard deviation of the three 
measurements. All measurements were performed 
at room temperature. 

The background relaxation rates were 
measured from the supernatant obtained after 
precipitating all the liposomes by centrifugation 
(20,000 g). The supernatant had been checked with 
TEM and DLS to ensure it was free from liposomes. 
The background correction was done on the 
relaxation rate and the corrected relaxation rates 
were determined for each sample. Percentage 
change in the relaxation rates were calculated as 
follows: 

 
𝐶𝐶ℎ𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎 𝑖𝑖𝑖𝑖 𝑅𝑅𝑅𝑅𝑅𝑅𝑅𝑅𝑅𝑅𝑅𝑅𝑅𝑅𝑅𝑅𝑅𝑅𝑅𝑅 𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟 (%) =

{(𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆 𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟 𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟 − 𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵 𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑜𝑜𝑛𝑛 𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟)−
(𝐼𝐼𝐼𝐼𝐼𝐼𝐼𝐼𝐼𝐼𝐼𝐼𝐼𝐼 𝑟𝑟𝑟𝑟𝑟𝑟𝑎𝑎𝑥𝑥𝑥𝑥𝑥𝑥𝑥𝑥𝑥𝑥𝑥𝑥 𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟 𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏 ℎ𝑒𝑒𝑒𝑒𝑒𝑒𝑒𝑒𝑒𝑒𝑒𝑒 − 𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵 𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟 𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟)}
𝐼𝐼𝐼𝐼𝐼𝐼𝐼𝐼𝐼𝐼𝐼𝐼𝐼𝐼 𝑟𝑟𝑟𝑟𝑟𝑟𝑎𝑎𝑥𝑥𝑥𝑥𝑥𝑥𝑥𝑥𝑥𝑥𝑥𝑥 𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟 𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏 ℎ𝑒𝑒𝑒𝑒𝑒𝑒𝑒𝑒𝑒𝑒𝑒𝑒 − 𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵𝐵 𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟 𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟

× 100% 

 
Longitudinal relaxivity (r1) and transverse 

relaxivity (r2) were deduced from the measurement 
of relaxation rates at different dilutions before and 
after completing magnetic heating and corrected by 
the background relaxation rate as follows:  

Corrected relaxation rate = Sample relaxation rate – 
Background relaxation rate 

Corrected Fe and Gd concentrations were 
obtained from ICP-OES measurements according to 
the equation:  

Corrected concentration = Sample concentration – 
Background concentration 

The corrected relaxation rates were plotted 
with the corrected concentration and a linear fit was 
obtained. The relaxivity parameter was obtained 
from the slope of the fitted straight line. 

Monte Carlo spin dynamics simulations  
Monte Carlo spin dynamics simulations using 

a diffusion model were performed to calculate R2 
parameter for different inter-nanoparticle 
separation of SPIO aggregations and water 
permeability of liposome membrane. SPIO 
nanoparticles were modeled as magnetized 
impenetrable spheres of radius = 5 nm. Based on 
cryoTEM images, we estimated that there were 7 
SPIO nanoparticles inside each 100 nm radius 
liposome. Inter-nanoparticle distances were taken 
as 2, 6, and 10 times of SPIO nanoparticle radius to 
simulate different degree of aggregations. The root 
mean square (rms) angular frequency shift at the 
nanoparticle surface (compared to a point infinitely 
far away) was taken as Δωr = 1.7 × 107 rad/s. The 
diffusing water magnetizations were first 
positioned stochastically and the diffusion was 
modeled by random walks with periodic boundary 
conditions. The diffusion coefficient was taken as 
2.3 × 10-9 m2/s for water at 25°C. In the simulation 
process, the effect of liposome membrane 
permeability was included as the probability of a 
diffusing water magnetization striking the liposome 
membrane to cross the barrier and enter inside the 
liposome. After each random-walk step, each water 
magnetization experienced a new, combined, net 
magnetic field, which was calculated by adding the 
dipolar fields from all the magnetic nanoparticles 
present. The Z-component of the induced dipolar 
field, Bdip,Z , at position (d, θ) form the magnetic 
nanoparticle could be approximated by:  

 
 

where γ is the gyromagnetic ratio of 1H, r is the 
radius of the magnetic nanoparticle, Δωr is the root 
mean square (rms) angular frequency shift at the 
magnetic nanoparticle surface, d is the distance from 
the point to the center of the magnetic nanoparticle, 
and θ is the angle between the Z-axis and the 
position vector of the point.  

Following an initial 90o+y excitation pulse that 
flips all the equilibrium water magnetizations from 
+z to the +x direction, the time evolutions of 1000 
diffusing water magnetizations were calculated by 
numerical integration of the Bloch equations [78] by 
Matlab (The MathWorks, Inc., Natick, MA, USA) 
using ordinary differential equation (ODE) solvers. 
As in the actual experiments, τCP in the CPMG pulse 
sequence was taken as 500 μs. The average net water 
magnetization was calculated by averaging all the 
individual water magnetizations. The CPMG T2 

relaxation rate (R2) was obtained by a linear fitting 
of the negative natural logarithm of the normalized 
transverse average water magnetization as a 
function of time.  
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Results and Discussions 
Material characterization 

The DLS results in PBS buffer provide an 
effective diameter of 231 nm for liposome 
nanoparticles with polydispersity index = 0.134. 
Intensity profile for size distribution has been 
shown in Figure 2A. It suggests that the 
nanoparticles are stable and well dispersed under 
biological condition at pH 7.4. DLS measurements 
were repeated after AMF heating and similar sizes 
(diameter = 223 nm +/- 1.6 nm) of liposome 
nanoparticles with polydispersity = 0.178 were 
obtained. Zeta potential of the liposome 
nanoparticles measured in water was found to be 
-12.63 mV. CryoTEM results are shown in the left 
and right panels of Figure 2B in different 
magnifications. They show homogeneous 
distribution and morphology of liposomes with 
embedded SPIO nanoparticles. Electron-dense 
objects, such as SPIO, appear as darker regions in 
the image. Larger aggregates of SPIO were visible as 
dark spots at this resolution. The magnified one in 
inset of the right panel demonstrates the 
encapsulation of SPIO nanoparticles inside the inner 
aqueous core of the liposomes. The Gd and Fe 
concentrations in the liposome solution were 
determined by ICP-OES to be 1.37 mM and 22.2 mM 
with ~5% uncertainty, respectively. Considering the 
unencapsulated 0.00382 mM Gd and 6.50 mM SPIO 
in the supernatant, the effective Fe and Gd 
concentrations in the liposome solution are 15.7 mM 
and 1.37 mM, respectively. 

The synthesized liposomes with uniform size 
distribution (diameter ≈ 200 nm) and low 
polydispersity (< 0.2) indicate a homogeneous 
distribution in the solution. CryoTEM images 
demonstrate the successful encapsulation of SPIO 
nanoparticles inside the liposome nanoparticles. 

The optimal size of the encapsulating liposome 
nanoparticle plays a key role in this kind of 
theranostic approach. Smaller size like less than 5 
nm accelerates fast excretion through kidney 
filtration, while larger-size nanoparticles are easily 
recognized for uptake by reticuloendothelial system 
(RES). A size of around the inter-endothelial cell gap 
of a few hundred nanometers is considered as a key 
factor for the determination of optimal size, and 
previous studies have shown preferred size range is 
about 50-200 nm [79, 80] to reduce fast clearance and 
enhance passive tumor targeting by enhanced 
permeability and retention (EPR) effect [81]. 

SPIO-encapsulated liposomes are ideal 
candidates for magnetic targeting to the tumor and 
recent in vivo studies have shown the nanocarriers 
in the range of 200 nm could be efficiently targeted 
to the tumor by magnetofection [17, 72, 73]. In order 
to maximize the hyperthermia effect and magnetic 
targeting, a size of about 200 nm is generally 
preferred, as the magnetic force on the liposome 
would get enhanced in proportion to its size [17]. 
The association of polyethylene glycol (PEG) with 
the liposome nanoparticles is to increase the 
circulation time in blood for passive targeting by 
EPR. The unaltered size and polydispersity index 
before and after the AMF heating suggest that the 
liposome structure remained intact and the SPIO 
nanoparticles remained inside the liposome 
throughout the procedure. Additionally, the 
presence of SPIO nanoparticles inside the liposomes 
offers the nanovehicles active tumor targeting 
capability for superficial tumors by external 
magnetic force [72, 73]. Consequently, 
SPIO-encapsulated liposomes are structurally 
suitable to make nanoparticles biocompatible and 
offer a clinically proven, versatile platform for the 
further enhancement of pharmacological efficacy 
and targeting efficiency. 

 
 

 
Figure 2. Characterization of liposomes. (A) Dynamic light scattering (DLS) of synthesized liposomes. It demonstrates the distribution of nanoparticles 
with an average diameter 231 nm and polydispersity 0.134. (B) CryoTEM images show the homogeneous distribution and morphology of liposomes in different 
magnifications. They show an average diameter around 200 nm and successful formation of bilayered spherical liposomes. The darker regions mark the presence 
of SPIO inside the liposome. A representative red circle is drawn to show such an SPIO concentrated region. The magnified liposome in blue box of the right 
panel shows the SPIO encapsulation inside the aqueous core of liposomes. Larger aggregates of SPIO appeared as darker spots. 
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AMF-controlled cargo (model drug 
fluorescein) release 

The cargo release profile following AMF 
heating was monitored by using the self-quenching 
property of fluorescein [69, 71] that serves as a 
model for cancer drug, as it has the similar 
molecular size as the real cancer drug. The 
fluorescence yield is quenched depending on 
whether the fluorescein is inside the liposome with 
a high concentration or outside the liposome with a 
lower concentration. This property was used to 
quantify the percentage of fluorescein release from 
the liposome under AMF heating. All fluorescence 
measurements were performed after cooling the 
sample to room temperature following AMF 
heating. Although the measurements were 
performed up to a maximum bulk temperature of 
39°C, the local temperatures inside liposomes could 
be higher than the bulk temperature by 15°C-20°C 
[82]. We have checked that the fluorescence 
properties remained unchanged up to 80°C by 
heating fluorescein up to 80°C in a water bath and 
then performing fluorescence experiments after 
cooling it to room temperature. No change in the 
spectral characteristics of fluorescein was seen in 
these experiments.  

The characteristic cargo (fluorescein) release 
pattern as measured by fluorescence yield is shown 
by the dotted red curve in Figure 3A. We find from 
the dotted red curve in Figure 3A that the 
percentage of cargo release was initially low, and 
after a threshold, it increased at a faster rate and 
finally reached the maximum, indicating complete 
cargo release. The CryoTEM images in Figure 2B 
show that the number of SPIO nanoparticles in each 
liposomes varies, leading to the conjecture that the 
higher loaded liposomes released cargo at the 
beginning, and later on, other liposomes with 

average loading started to release cargo. Figure 3A 
and Figure 3B show experimental points for 
cumulative AMF heating time and corresponding 
maximum temperature of the bulk sample (before 
cooling). Figure 3A (dotted red curve) shows that 
the cargo release rate is fastest in the (30 – 45) 
minute time interval and levels off after an hour, 
indicating complete cargo release. However, the 
exact timing depends on the circumstantial set up 
and needs to be optimized, based on the clinical 
settings. A control liposome sample was measured 
before and after the treatment procedure to ensure 
that there was no leakage otherwise. 

The dotted black line in Figure 3A represents 
the spontaneous cargo release profile of liposomes, 
which clearly shows cargo was not leaked without 
AMF heating. Figure 3B shows profile of the 
corresponding bulk temperature change with cargo 
release. The saturation temperature for the drug 
release is 37°C and the dramatic increase in the rate 
of drug release occurred between 34°C-37°C 
resulting in almost 100% drug release. AMF heating 
experiments show that significant percentage of 
drug release starts above 35°C and saturates at 37°C 
for this liposome. Figure S1 in supplementary 
material shows a comparison of cargo release at 
different temperatures under AMF heating (red bar) 
and bulk heating in a bath (black bar). We find a 
significantly higher percentage of drug release at 
around 36°C under AMF heating, compared to that 
under the bulk bath heating. The choice of liposome 
provides the flexibility to easily manipulate the 
transition temperature by changing the lipid 
composition according to the clinical requirement 
[83].  

Measuring local temperature inside the 
nanovehicle is challenging. However, there have 
been several methods to measure temperature 
inside the core of liposome by optical spectroscopy 

or using polymers [82, 84–87]. 
Ongoing effort in our labs is to 
develop theoretical methods to 
account for the aggregate 
formation and the size distribution 
of the magnetic nanoparticles 
inside the core of liposome to 
accurately estimate the specific 
loss power and heating efficiency 
for MR nanotheranostic 
hyperthermia in cancer therapy 
[35]. Based on those studies, 
generally speaking, higher the 
number of SPIO nanoparticles in 
the core of the liposome, more heat 
can be induced by the application 
of AMF. 

 
 

 

 
Figure 3. Cumulative cargo (fluorescein) release profile. (A) Cumulative cargo (fluorescein) 
release profile is shown as a function of the cumulative AMF heating time. Dotted red curve 
demonstrates the percentage of cargo release at different time. The characteristic pattern indicates the 
initial slow rate of release, then an increased rate of release between 30 to 45 minutes, and finally 
leveling off, indicating the complete release. Dotted black curve shows the spontaneous release of cargo 
from liposomes without AMF treatment and flat line depicts no leakage is observed otherwise. (B) 
Cumulative cargo (fluorescein) release profile is shown as a function of the maximum bulk temperature 
(before cooling to room temperature). Fluorescence measurements were performed at room 
temperature. It demonstrates that the maximum change in the bulk temperature during the process 
from no cargo release to complete release is about 3°C. The dotted lines through the data points are 
included in each case as a guide to the eye (see text for details). 
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Tracking MRI parameters 
Figure 4A shows the percentage change of 

MRI parameter R1 with the percentage of cargo 
release (dotted red line). We find a linear increase in 
the percentage of R1 with the percentage of cargo 
release, and a maximum increase of R1 is 69.8 %, 
indicates 100% cargo release. The results have been 
given in a tabular form in Table 1. This change in 
the R1 value is attributed to the simultaneous release 
of Gd(III)-DTPA along with the model drug 
molecule fluorescein (cargo) from the liposome 
nanoparticles, since the presence of Gd(III)-DTPA 
outside the liposome would significantly increase 
the R1 value of the water protons due to the free 
interaction of Gd(III) with the water protons, 
compared to those in the encapsulated state [34]. 
This hypothesis has been further confirmed by 
measuring the R1 value of the liposome solution 
after completely lysing with Triton X-100, which 
provides the exact same value, as found from the 
maximum R1 value after complete cargo release. It 
implies that the local heating increases the 
permeability of liposome membrane [88, 89], 
allowing leakage of both Gd(III)-DTPA and cargo, 

and R1 increases linearly with the cargo release. In 
order to further investigate the linear nature of the 
plot, we have fitted percentage changes in R1 with 
percentage cargo (fluorescein) release in Figure 4B 
and obtained a linear equation (shown below) with 
squared correlation coefficient R2 = 0.997 . 

% Change in R1 = 0.686 × (% Change in cargo 
release) 

 

Table 1. Data for percentage changes in MR relaxation rates 
with different percentage of cargo (fluorescein) release 

% Cargo (fluorescein) releasea % R1 changeb % R2 changeb 
0 0 0 
1.194 -0.482 -1.746 
6.202 4.373 -7.548 
69.449 46.935 -1.766 
85.559 58.833 -2.195 
95.228 69.904 0.272 
101.739 65.780 -1.878 
aStandard deviation is 3 %. bStandard deviation is 0.3 %. R1: Longitudinal 
relxation rate, R2: Transverse relaxation rate, MR: Magnetic resonance 

 
 
The black curve in Figure 4A shows the 

percentage change of R2, which remains essentially 
constant, independent of cargo release (data are 

shown in Table 1). However, a closer 
look reveals that initially (along 
second to third point in the black 
curve in Figure 4A, corresponding to 
the path of no cargo release to about 
6% cargo release or the 3rd point in 
Table 1) it dropped by about 7% and 
later it increased back to the initial 
value. DLS measurements did not 
show any significant change of the 
size of liposomes as a result of mild 
AMF heating. On the other hand, R2 
parameter of the completely lysed 
sample (where all the SPIO 
nanoparticles should be outside the 
liposome encapsulation) was found 
to be reduced by ≈ 20%, compared to 
that in the pretreated sample (data 
not shown). Hence, mild AMF 
heating is not causing any significant 
leakage of SPIO nanoparticles from 
the liposome encapsulation, as also 
concluded in earlier work [44]. Since 
SPIO particles remained inside 
liposome during AMF heating and 
the liposome could be attached to the 
tumor site, the encapsulated SPIO 
particles could be used for online 
monitoring of the tumor site. Our 
theoretical simulations provide a 
qualitative explanation of the initial 
small drop and later slight increase of 
R2 under mild AMF heating (Figure 
4A), as discussed in the next section.  

 
Figure 4. Correlation between changes in MR relaxation rates and cargo (fluorescein) 
release. (A) Red curve indicates the percentage change in R1 and black curve indicates the 
percentage change in R2. It demonstrates R1 linearly increases with cargo release, and shows maxima 
after 69.8% increase, when cargo release was complete. R2 is held nearly constant; however, it shows 
an initial 7%-drop (from the second to the third point, corresponding to the path of no cargo release 
to about 6% cargo release) and then a gradual increase to the initial value. Please see the text for the 
plausible explanation. The dotted lines through the data points are included in each case as a guide to 
the eye. (B) Fitted linear plot for percentage change in longitudinal relaxation rate (R1) with 
percentage cargo (fluorescein) release. The fitted linear equation: % Change in R1 = 0.686 × (% 
Change in cargo release) with squared correlation coefficient R2 = 0.997. 

 

 
Figure 5. MR relaxation rates were measured at different dilutions before and after 
complete AMF heating. (A) R1 versus Gd concentration before and after complete AMF heating. 
It shows the slope of the fitted linear plot before (black) r1= 7.84 s-1 mM-1 (Gd) and after complete 
AMF heating (red) r1 = 13.38 s-1 mM-1 (Gd). (B) R2 versus Fe concentration before and after 
complete AMF heating. It shows the slope of the fitted linear plot before (black) r2= 108.01 s-1 mM-1 

(Fe) and after complete AMF heating (red) r2=108.93 s-1 mM-1 (Fe). The uncertainties on R1 and R2 
are < 1%, whereas the uncertainties on the concentration are ~ 5%. 
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 In order to further understand and quantify 
the changes of the relaxation rates, R1 and R2, 
relaxivities (r1 and r2) were determined by 
measuring the relaxation rates at different dilutions 
both before and after complete AMF heating. In 
Figure 5A, black and red lines show R1 versus Gd 
concentration plots before and after complete AMF 
heating, respectively. The slope of the black line 
(before AMF heating) is r1 =7.84 s-1 mM-1 , while the 
slope of the red line (after AMF heating) is r1 = 13.38 
s-1 mM-1. In Figure 5B, we show the plots of R2 
versus Fe concentration both before (in black) and 
after (in red) complete AMF heating. It shows that 
the slopes of the red and black lines are r2 = 108.93 
s-1 mM-1 and 108.01 s-1 mM-1, respectively, i.e. they 
are about equal. It is clear from the plots that AMF 
heating significantly affects the R1 versus Gd 
concentration curve and increases r1 of the 
AMF-treated sample by ≈ 70%, whereas the heating 
has almost no effect on the R2 versus Fe 
concentration curve. Furthermore, the complete 
linear nature of the plots in Figure 5 confirms that 
the changes in longitudinal relaxation rates, R1, are 
mainly affected by Gd or Gd(III)-DTPA 
concentration, and changes in transverse relaxation 
rates, R2, are associated with Fe or SPIO 
concentration.  

Monte Carlo spin dynamics simulations 
Figure 6A shows the effect of liposome 

membrane permeability on R2 for different 
inter-nanoparticle distances (Dpp) of the SPIO 
aggregates. Here, we define water permeability as 
the probability of a diffusing water magnetization 
striking the liposome membrane to cross the barrier 
and enter inside the liposome. We have plotted 
membrane permeability versus R2 for different 
values of Dpp/rp (where rp is the radius of a SPIO 
nanoparticle). Higher Dpp indicates weaker 
aggregation state of SPIO and smaller Dpp implies 
stronger aggregation state. We find from Figure 6A 
that the nature of variation of R2 with permeability 

is qualitatively independent of Dpp/rp. R2 increases 
sharply with permeability from 1×10-3% to 0.1% and 
saturates for permeability > 0.1%. Thus, even a 
small change in liposome membrane permeability 
in the range (1×10-3 % to 0.1%) would result in a 
significant increase of R2. As permeability increases, 
the water molecules are more likely to diffuse closer 
to the SPIO nanoparticles encapsulated inside the 
liposome and exchange faster with the "fresh" water 
magnetization outside the liposome, thus 
experiencing stronger fluctuating magnetic fields 
and resulting in a higher R2 value, as seen in Figure 
6A. Figure 6B shows the correlation between R2 and 
Dpp/rp for different liposome membrane 
permeabilities. We find that the liposome 
membrane with permeability higher than 1×10-3% 
exhibits a significant drop in R2 value with higher 
Dpp. However, the liposomes with membrane 
permeability less than 1×10-3% do not show 
noticeable change in R2 for different aggregation 
status. The diffusing water magnetizations 
experience stronger dipolar magnetic fields when 
SPIO is in stronger aggregation state, compared to 
those in the weaker aggregation state where the 
resulting net SPIO dipolar field experienced by 
diffusing water magnetizations is partially cancelled 
out by individual fields [44, 54]. 

We have estimated the chance of a diffusing 
water magnetization passing through the intact 
liposome membrane per collision would be between 
1×10-5 and 1×10-4 (or 0.001% - 0.01%) in normal 
condition [90, 91], taking the thickness of liposome 
membrane ≈ 3 nm and the water permeability 10-1.95 
cm/s. Liposome membrane undergoes reversible 
permeability change on heating [88, 89], and this 
change is significantly higher near the phospholipid 
phase transition temperature of ≈ 41°C [44]. In this 
experiment, we did the heating close to its transition 
temperature, leading to the possibility of significant 
permeability change of the synthesized 
thermosensitive liposome membrane. However, the 

R2 measurements were done after 
cooling the sample to room 
temperature. Since the permeability 
change should be mostly reversible 
initially under mild heating, we do 
not expect any significant increase of 
the measured R2 due to the change of 
membrane permeability at the initial 
stage. On the other hand, during the 
process of AMF heating, as the 
membrane permeability would 
increase, there would be higher 
access of water molecules inside the 
liposome, thus increasing Dpp and 
causing disaggregate of SPIO 
clusters. This change of the SPIO 
aggregation state inside liposome 
should be retained when the solution 

 

 
Figure 6. The effects of liposome membrane permeability and SPIO aggregation 
inside liposome on CPMG R2 relaxation rates. (A) CPMG relaxation rates R2 are plotted as a 
function of the liposome membrane permeability at three different aggregation states with Dpp 
(inter-SPIO nanoparticle distance) / rp (single SPIO radius) = 2, 6, and 10, respectively. The radius of 
a single SPIO, rp = 5 nm. (B) CPMG relaxation rates R2 are plotted as a function of the degree of 
aggregation, Dpp/rp, at different liposome membrane permeability conditions. The dotted lines 
through the points are included in each case as a guide to the eye. 
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was cooled back to room temperature and cause a 
slight decrease of R2 value initially. As the heating 
process would continue repeatedly, the change in 
the liposome membrane permeability might not be 
completely reversible when cooled back to room 
temperature, causing R2 value to rise. The interplay 
of these two opposing effects explains the observed 
initial small drop in R2 and a subsequent slight 
increase, as seen in Figure 4A (black curve). 

On the other hand, unencapsulated SPIO 
nanoparticles would be dispersed uniformly in the 
solution. Only a very small fraction can form 
aggregates under thermal equilibrium and the 
average value of Dpp/rp is expected to be higher for 
such aggregates in the absence of any physical 
constraints like liposome membrane to ensure that 
they remain close to one another. Hence, R2 value 
should decrease if all the SPIO nanoparticles would 
come out from the liposome enclosure as a result of 
lysing with Triton X-100. Experimentally, we have 
observed ≈ 20% decrease in the R2 value after lysing 
with Triton X-100 (data not shown) and this 
decrease is much higher than the initial 7%-drop in 
R2 due to mild AMF heating. Since Figure 4A does 
not show any large drop (≈ 20%) in the R2 value, we 
conclude that SPIO nanoparticles remain within the 
liposome enclosure during the mild AMF heating 
process.  

 We performed R2 measurements at room 
temperature after cooling the sample, when the 
liposome membrane property should be largely 
restored. However, our simulation results (Figure 
6A) predict a sharp increase in R2 with small 
increase of the liposome membrane permeability. 
Therefore, we expect to observe significant increase 
in R2 for in situ MRI measurements with AMF 
heating. Since liposome could be efficiently 
functionalized to target the tumor site [16, 74], such 
in situ real-time MRI measurements with AMF 
heating opens up the possibility of high-resolution, 
high-contrast imaging of the tumor site during the 
MR theranostic process because of the large R2 
values.  

 In principle, the r1 and r2 relaxivities in spin 
systems with magnetic nanoparticles increase with 
temperature [92], as both diffusion of the water 1H 
spins and nanoparticle cluster size increase with 
temperature [35]. In our current study, however, 
such temperature-dependent effect may be ignored 
compared with the dominating permeability- 
dependent effect, due to the small temperature 
range used under mild hyperthermia condition and 
the fact that the magnetic nanoparticles are 
encapsulated inside the core of the liposome. On the 
other hand, the liposome membrane permeability 
changes significantly over the mild-hyperthermia 
temperature range, as the temperature above which 
the fluorescein drug release rate from this liposome 
increases rapidly is about 35°C (Figure 3B), 

although the phospholipid phase transition 
temperature for this liposome is 41°C [44]. 

Future scope and application 
 Compared to the previous studies done by Bos 

and coworkers [44], we have used liposomes with 
similar compositions; moreover, we have 
incorporated a model cancer drug fluorescein to 
study controlled dose release at target site. 
Furthermore, we have used AMF controlled 
delivery, which safely allows deeper penetration 
inside human body compared to HIFU and 
increases the scope of treatment. Earlier studies [37, 
55] have shown that encapsulation of cancer drug 
inside temperature sensitive liposome increases 
tumor drug concentrations and improve antitumor 
efficacy of the drugs. The studies have shown 2-4 
fold [40] and 2-16 fold [93] increase compared to 
non-heated condition, respectively. We have used a 
similar PEGylated temperature sensitive liposome 
and shown AMF controlled heating mechanism in 
relation to dosage delivery and carefully character-
ized MR relaxation parameters by encapsulating 
contrast agents at the same time. Hence, our study 
successfully extends previous studies to MR cancer 
theranostics. Moreover, at higher temperature, the 
permeability of liposome membrane increases. The 
simulations show that R2 parameter increases 
rapidly with the permeability of the liposome 
membrane, raising the possibility of getting 
high-quality MRI images, if MR measurements 
could be done during AMF heating at the elevated 
temperature. 

 In this study, we have used cargo fluorescein 
as a model cancer drug and established a detailed 
correlation between the magnetic heating 
stimulated cargo releases with MR relaxation 
parameters through experimental study and 
theoretical understanding. Previous extensive 
studies were done [75, 76, 94] to understand the rate 
of release of real cancer drugs at in vitro and in vivo 
conditions and the results have been well 
understood by different diffusion- and dissolution- 
based mathematical models (squared correlation 
coefficient near 1), such as the Reciprocal Powered 
Time (RPT) or Weibull (W) model [75, 76]. Authors 
[76] found that in vitro and in vivo data could be best 
fitted in the RPT model, which is based on the 
general equation of dissolution and diffusion rate 
limited process dw/dt = (D/h)×S×Cs under sink 
condition, where dw/dt is the rate of drug release, 
D is the drug molecule diffusion coefficient, S is the 
effective surface area of drug with release medium, 
Cs is solubility of the drug, and h is the length of 
diffusion path. Other studies found a good linear 
correlation between drug release in in vitro 
experiments with the drug absorption in in vivo 
experiments [75]. Hence, it is clear that the rate of 
real cancer drug release primarily depends on 
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diffusion and solubility. The diffusion coefficient 
depends on the hydrodynamic size of the drug 
molecule. It is well known that the hydrodynamic 
size of fluorescein is similar to many cancer drug 
molecules and therefore fluorescein was used as a 
model cancer drug in a large number of previous 
studies [48, 69–71]. 

Another important factor comes from the 
solubility of the drug, which depends on its 
particular nature, bonding, and hydrophobicity. For 
the poorly soluble cancer drugs, rate of release 
would be slower and, accordingly, AMF time could 
be adjusted depending on the exact clinical 
situation. However, the probability of encapsulation 
of a molecule in liposome is also proportional to the 
solubility of the molecule in the medium, and hence 
correspondingly fewer cancer drug molecules 
would be encapsulated. As a result, the AMF driven 
percentage release of drug, i.e., [(dw/dt)/w * 100], 
through diffusion of encapsulated molecule with 
different solubility would be similar. Hence, we 
expect qualitatively similar results for both model 
drug fluorescein and real cancer drug in in vitro or in 
vivo conditions, when the results are plotted as the 
percentage of drug release. Simultaneous release of 
Gd(III)-DTPA and fluorescein or the changes in 
aggregation status of SPIO are expected to remain 
unaltered for in vivo situation. Thus, the observed 
linear correlation between percentage drug release 
versus the percentage increase in R1 can also be 
expected for real cancer drugs in clinical conditions, 
because the drug release process is essentially a 
diffusion process through a membrane. Similarly, 
the characteristic pattern of percentage changes in 
R2 as a function of the percentage release of 
encapsulated drug would remain qualitatively the 
same for real cancer drugs in clinical condition. 
However, if the real drug would interact with the 
membrane of liposome or the process would not be 
diffusion, the results could be different. Neverthe-
less, for a large class of commonly used cancer 
drugs, the diffusion model holds and our results 
should remain valid for real cancer drugs in clinical 
conditions. 

 In this proof-of-concept study, we have 
focused on temperature effect on drug release. In a 
mild hyperthermia, blood perfusion and tumor 
oxygenation pattern change inhomogeneously and 
this change in local environment is very crucial for 
planning an effective treatment protocol. Various 
bioheat equations, tissue parameters, and tempera-
ture details should be taken into account to estimate 
tumor perfusion and changes in tumor local 
environment after employing mild heating. In this 
regard, many theoretical modeling and experiments 
were done [95–97] with real tumor. Future in vivo 
and clinical studies are required in this regard to 
implement the technique for clinical application. 
Systematic measurements of the drug release after 

heating with distinct temperature and time using a 
water bath and using AMF, respectively, would 
provide insights to the heating mechanism and the 
interplay between the local temperature and the 
bulk temperature.  

Conclusions 
Real-time visualization of nano-drug carrier 

biodistributions, drug release processes, and 
therapeutic responses could provide critical 
information to dynamically optimize treatment 
operations in precision medicine in real time. In this 
work, we have demonstrated a novel MR 
theranostic approach that could be combined with 
the established targeting capacity of liposomes to 
deliver and release cargo with spatial control by 
AMF heating and simultaneously monitor both the 
cargo release and condition of the liposomal sites. 
We have used appropriate size of liposome 
nanoparticles and shown that the cargo release from 
the liposomes by AMF controlled mild 
hyperthermia could be quantified by measuring the 
longitudinal relaxation rate, R1. We have confirmed 
that SPIO remained inside the liposome enclosure 
during AMF heating by observing that R2 remained 
approximately constant during the heating process. 
Monte Carlo spin dynamics simulations provided 
qualitative explanations to the observed variations 
in R2 during the AMF heating process and predicted 
a sharp increase in R2 due to a small increase in the 
liposome membrane permeability. The simulation 
results imply that real-time, in-situ MRI 
measurements with AMF heating could provide 
high-resolution, high-contrast image of the 
liposomal site during the heating process.  

In conclusion, this work provides a proof of 
concept for monitoring cargo (cancer drugs) release 
with dosage control and liposomal site 
simultaneously by MRI technique. We have used 
clinically approved materials such as liposome, 
SPIO, and Gd(III)-DTPA in our experiments to 
accelerate the chance of getting readily accepted for 
pre-clinical or translational MR theranostics. Future 
work should be done in vivo with real drug 
molecules, with active targeting by magnetofection, 
and with real-time, in-situ MRI measurements and 
AMF heating. 
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